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ABSTRACT
In Chapter 1, an introduction to basic principles or MRI is given, including the 
physical principles, basic pulse sequences, and basic hardware. Following the 
introduction, five different published and yet unpublished papers for improving the utility 
of MRI are shown.
Chapter 2 discusses a small rodent imaging system that was developed for a 
clinical 3 T MRI scanner. The system integrated specialized radiofrequency (RF) coils 
with an insertable gradient, enabling 100  |im isotropic resolution imaging of the guinea 
pig cochlea in vivo, doubling the body gradient strength, slew rate, and contrast-to-noise 
ratio, and resulting in twice the signal-to-noise (SNR) when compared to the smallest 
conforming birdcage.
Chapter 3 discusses a system using BOLD MRI to measure T2* and invasive 
fiberoptic probes to measure renal oxygenation (pO2). The significance of this 
experiment is that it demonstrated previously unknown physiological effects on pO2, such 
as breath-holds that had an immediate (<1 sec) pO2 decrease (~ 6  mmHg), and bladder 
pressure that had pO2 increases (~ 6  mmHg).
Chapter 4 determined the correlation between indicators of renal health and renal 
fat content. The R correlation between renal fat content and eGFR, serum cystatin C, 
urine protein, and BMI was less than 0.03, with a sample size of ~100 subjects, 
suggesting that renal fat content will not be a useful indicator of renal health.
Chapter 5 is a hardware and pulse sequence technique for acquiring multinuclear
1 23H and Na data within the same pulse sequence. Our system demonstrated a very
23simple, inexpensive solution to SMI and acquired both nuclei on two Na channels using 
external modifications, and is the first demonstration of radially acquired SMI.
Chapter 6 discusses a composite sodium and proton breast array that 
demonstrated a 2-5x improvement in sodium SNR and similar proton SNR when 
compared to a large coil with a linear sodium and linear proton channel. This coil is 
unique in that sodium receive loops are typically built with at least twice the diameter so 
that they do not have similar SNR increases.
The final chapter summarizes the previous chapters.
iv
May we always learn and discover more.
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Magnetic resonance imaging (MRI) is a widely used diagnostic utility for the 
evaluation of human health. MRI is a sensitive health care diagnostic tool, and is often 
preferred where the diagnosis of disease is uncertain (1-4). There are an estimated 25000 
MRI systems in use throughout the world (5). Similar to X-ray computed tomography 
(CT) and positron-emission tomography (PET), MRI is a noninvasive diagnostic 
technique. Unlike CT and PET, MRI does not have ionizing radiation. MRI can 
differentiate tissues through a multitude of physical properties, such as through spin 
density, relaxation parameter, and diffusion-weighted imaging. MRI has been applied to 
the diagnosis of disease in every part of the body, including the brain (6 ), heart (7), breast 
(8), and liver (9).
MRI is relatively new technology, when compared to X-ray imaging (10), and has 
undergone many improvements since its inception. The fundamentals of MRI were 
discovered by Isidor Rabi in 1937 in nuclear magnetic resonance (NMR) experiments 
(11). In 1952, the first one-dimensional MR images were reported in Hermann Carr’s 
PhD thesis (12). In 1971, Raymond Damadian demonstrated that tumors and normal 
tissue can be distinguished in healthy humans through NMR techniques (13). In 1973 
and 1974, Paul Lauterbur published the first MR images in a phantom (14) and in a live
rodent (14). And finally, the first human images (of a finger) occurred in 1976 (15) and 
first whole-body human images occurred in 1977 (16).
Since that time, MRI has significantly advanced (17) with improved hardware, 
pulse sequences, and reconstruction techniques, all resulting in better signal-to-noise ratio 
(SNR) and faster imaging times. The radiofrequency (RF) phased array is one common 
technique to improve SNR that can result in better image quality, faster scan times, and 
more reliable information in the image (18). Recent advances in multinuclear MRI 
techniques, including ultrashort TE imaging (19), nonproton phased arrays (20), and 
synchronous multinuclear imaging (2 1 ,2 2 ), show promise in obtaining better 
multinuclear information in clinically relevant scan times. Reconstruction techniques 
have also experienced changes since the earliest uses of the Fast Fourier Transform (FFT) 
(23), implemented more efficiently as the Discrete Fourier Transform (DFT) (24), to the 
more recent advances in CINE imaging to obtain images during separate cardiac cycles 
(25,26), as well as the use of the Nonlinear Fast Fourier Transform (NFFT) for 
reconstructing non-Cartesian sequences (27,28).
The ultimate goal of all of these hardware and sequence improvements is to result 
in better patient care, often by improving the signal-to-noise ratio (SNR) (29-31) or 
contrast-to-noise ratio (CNR) (31,32) of the MRI system. SNR is proportional to spin 
density (29-31), is directly related to image quality, and can impact CNR (31,32). By 
improving SNR, higher resolution images can be obtained or the scan times can be 
reduced (33,34) so that better quality information can be obtained from an imaging 
session.
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1.1 Objectives and Significance
The work in this dissertation has the major objective of improving image and 
quantitative data for evaluating human health using MRI. The projects in this dissertation 
are varied, although many of the papers are focused on hardware improvements. The 
breadth of the papers requires a broad knowledge of MRI. This research uses the 
application of well-known physics and techniques to obtain higher quality images and 
quantitative information for the improvement in evaluating disease.
This introduction to this paper gives background on the topics covered in the 
remaining chapters. The introduction also contains images and experimental data that 
either did not fit within a chapter (paper) or was not as systematically done, but are still 
enlightening.
All of the images in this dissertation were created by the author.
Multiple papers are included in this dissertation as separate chapters, which is 
original research done by the author and the author’s collaborators.
The first paper, attached as the second chapter, is the description of a system that 
describes a small rodent imaging system developed for a clinical 3 T MRI scanner. The 
system used a composite gradient system that achieved double the magnetic field gradient 
amplitudes, slew rates, and CNR when compared to the standard clinical system. The RF 
coils achieved twice the SNR when compared to the smallest birdcage conforming to the 
guinea pig shoulders. The composite gradient system required the development of 
specialized transmit and receive RF coils and electronics to image within the gradients. 
The coils were integrated with an animal monitoring system for animal safety during live 
imaging.
The second paper, attached as the third chapter, describes measurements of renal
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oxygenation in a pig through both BOLD MRI and fiberoptic probes. The work was 
done to evaluate the usefulness of MRI BOLD T2* measurements, which depend on renal 
oxygenation (pO2). BOLD MRI is currently under investigation at many centers for its 
usefulness and accuracy in evaluating kidney disease. By obtaining real-time, in vivo, 
pO2 data with invasive fiberoptic probes, better models of BOLD T2* can be made to 
more accurately reflect renal pO2 and the effects of disease. Our experiments 
demonstrated an r-value correlation of 0.6 between T2* and pO2. The significance of this 
work is that it demonstrated previously unknown physiological effects on pO2, such as 
breath-holds that decreased pO2 (~ 6  mmHg) immediately (<1 sec), and bladder pressure 
that resulted in pO2 increases (~ 6  mmHg). These pO2 differences are on the same order 
as the differences with the administration of furosemide, which, in conjunction with renal 
BOLD MRI, is being investigated as a diagnosis of chronic kidney disease (35-43).
The third paper, the fourth chapter, describes the use of T1-weighted in- and out- 
of-phase MRI images to determine fat content (44) in evaluating kidney disease. Fat and 
water in the body resonate at slightly different frequencies, which can result in their 
signals coherently adding together or subtracting from each other. Lipids (fat) can be 
toxic and result in renal damage (45), and have been shown as an indicator of diabetes in 
a mouse model (46). This paper evaluates the correlation between renal fat content as 
determined through MRI indicators of renal health, including estimated glomerular 
filtration rate (eGFR), serum cystatin C, urine protein, and body-mass-index (BMI). This 
paper found nearly zero correlation between renal fat content and these indicators of renal 
health, suggesting that studies using renal fat content for evaluating renal health will not 
be useful.
The fourth paper, the fifth chapter, describes hardware and pulse sequence
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techniques for acquiring images from both sodium and hydrogen nuclei in a single 
acquisition, without increasing hydrogen acquisition times. A standard clinical MRI 
images only hydrogen, due to the additional complexity and cost of acquiring data from 
other nuclear specie. Our system demonstrated a very simple, inexpensive solution to
23synchronous multinuclear imaging (SMI) and acquired both nuclei on two Na channels 
using external modifications, instead of modifying internal scanner components (22). In 
addition, our implementation of SMI demonstrated flexibility in scan parameters that has
23 1not been previously shown, obtaining Na-GRE images synchronously with H-SE and 
1H-GRE images with flexibility in 1H repetition times. Ours is also the first
23demonstration of radially acquired SMI for efficient sampling of Na (47) before 
significant T2* signal decay.
The fifth paper, attached as the sixth chapter, is a composite sodium and proton 
array that has achieved impressive sodium imaging results and standard proton results 
using a single coil. The array demonstrated a 2-5x improvement in sodium SNR when 
compared to a linear coil that covered a similar breast volume. This array required the 
development of both transmit and receive coils for both sodium and proton imaging for in 
vivo imaging of the human breast. The paper shows some unique techniques for 
tuning/detuning transmit coils by using a small forward-bias DC current with large RF 
waveform voltages, without the PIN diodes resulting in breakdown (48-50). In addition, 
this paper discusses the coupling that occurs when both sensitive proton and sodium coils 
are present.
Each chapter demonstrates physical methods to help improve the utility and 
accuracy of MRI. The remainder of Chapter 1 introduces the necessary background 
physics, techniques, and terminology that are used within the papers themselves.
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1.2 Background: The Physics of MRI
1.2.1 Magnetic Spin
In order for a particle to be imaged with MRI, the particle must have a nonzero 
magnetic moment (51), which occurs with nonzero spins such as 1/2, 1, 3/2, etc. When 
an atomic nucleus has spin greater than 1/2 , the nucleus will have a nonzero electric 
quadrupole moment (52). Protons, neutrons, and electrons all have spin 1/2. Clinical 
MRI occurs by imaging protons (53) with spin 1/2, also referred to as water or hydrogen 
(1H) imaging.
An atomic nucleus has half-integer spin when the number of neutrons plus the 
number of protons in the nucleus is odd (54). Examples of spin 1/2 nuclei include 1H, 
13C, 19F, and 31P. Examples of spin 3/2 particles include 23Na and 31Cl. If the number of
neutrons and protons are both even, the nucleus will have zero spin, because the spins of
12the nucleons (neutrons and protons) will negate each other, such as occurs with C and 
16O (54). If the number of neutrons is odd and the number of protons is odd, then the 
nucleus will have an integer spin, such as 0, 1, 2, etc. (54). Examples of spin 1 nuclei are 
deuterium (2H) (55), 6Li (56), and 14N (57). There are some exotic nuclei that have 
uncommonly high spins, such as thulium (159Tm) which has a spin of 61/2 (58).
Classically, spin describes the angular momentum or rotation of a particle around 
an axis. Although protons, neutrons, and electrons do not behave classically, they still 
follow similar mathematical principles of angular momentum and can be described with a 
total angular momentum vector, J (59). A spin 1/2 particle is often visualized as a 
spinning charged sphere that has magnetic moment, |i. Since angular momentum gives 
rise to the magnetic moment, the two are proportional to each other through the 
gyromagnetic ratio (59), y, such that
6
7(1 1 )
The total angular momentum, J, of a particle is equal to hI (59), where I is the spin 
angular momentum operator and h is Planck’s constant divided by 2n. I can only have 
integer or half-integer values. The gyromagnetic ratio, y, describes the Larmor 
precession of a particle in a magnetic field (53,59). Classically, the gyromagnetic ratio 
for a charged particle in a magnetic field is equal to the particle’s charge divided by twice 
its mass (60),
The magnetic moment can be also written as,
The magnetic moment is the basis of MRI, as it is the summation of numerous 
magnetic moments from many noninteracting nuclei, called magnetization, which creates 
a measurable magnetic field. Each of the individual magnetic moments can be summed 
to create a total magnetization vector for a given volume (51,53,59,61),
where V is volume.
1.2.2 Magnetization Statistics 
The energy of a particle is described (59) with the Hamiltonian, H, equal to
(13)
V (14)
H  = -v -B , (15)
or, substituting the magnetic moment in from Equation (1.3),
8h  = -rh i-B . (16)
The dominant source of energy in MRI is the z-component of the magnetic field, 
B0, so the Hamiltonian further can be simplified to
The spin operator Iz is defined so that when it operates on the state | mz >, the 
eigenvalue will be equal to mz (59). Defined this way, the mz eigenvalues can only take 
on values of mz = -I, -I+1... I-1, I, which, for a spin 1/2 particle, results in mz =±1/2 .
When the Hamiltonian operates on the state, | mz >, the eigenvalue or energy will be 
equal to
which is defined as the Zeeman energy (59). The Zeeman energy can be used to find the 
angular frequency of precession, ro, as the frequency is proportional to the change in 
Zeeman energy (59), ro = AE/h, which can be rewritten as,
Under normal circumstances, spins will be randomly aligned. In the presence of a 
strong magnetic field, the spins will be tend to align or antialign with the magnetic field 
after an equilibrium time, although in reality they will be in a superposition of both states 
(Figure 1). Boltzmann statistics describe the proportion of spins in the +1/2 and -1/2 
states (59,62). For a spin 1/2 system, the fractional difference between particles oriented 
with and against the magnetic field is
H  = - y h IB 0. (17)
E = -yhB0mz, (18)
a  = r B0 (19)
+ r hB0 -y h B 0
+ r nB0 -/H B 0 ’ (110)
where k is Boltzmann’s constant and the other symbols have been previously defined. 
Using ju+y2 = yti / 2 and // = // , , = - / / ,  2 = yfi/2  , this equation can also be written as
N +1/2 “ N ~1/2 = tanh[ ^ 1 . (1 .11)
9
NTotal V kT
When kT  is much higher than /uB, such as occurs at room temperature, this can be 
further simplified using a Taylor expansion to,
N +1/2 N-1/2 _ f
NToa V kT
(1 1 2 )
At high temperatures, the total equilibrium magnetization is equal to,
M  z ^  +1/2 N+1/2 + ^ -1/2N-1/2
= ^+1/2 “ ^ -1 /2  ’ (L13)
which results in the expression for net magnetization (53) of
M  = Tota, (1
z 4 kT
1.2.3 Signal Relaxation: T1, T2, T2*
There are three dominant decay rates or relaxation times when describing signal 
loss over time in MRI: T1, T2, and T2*. These relaxation times are affected by 
interactions with nearby magnetic nuclei (63), chemical shift effects (64), quadrupole 
interactions with electric field gradients (65), and J-coupling modulation (6 6 ).
When the magnetization is not completely aligned with the magnetic field, it will 
approach thermal equilibrium with its surroundings (the “lattice”) with a characteristic 
time, T1, which is called the “spin-lattice relaxation time” (63). This time refers to the
process where spins give energy to the surrounding lattice and come to equilibrium. In 
other words, T1 is the characteristic time before the magnetization aligns with the static 
magnetic field (59). In terms of spin populations, the spins will change populations at the 
rate 1/T1, such that
dn / dt = (1 / Tj)(n0 -  n), (115)
where n is the surplus population (n+-n_), and no is the equilibrium population. Extended 
treatments of T1 for spin 1/2 particles are in (59) and (63). The result in Bloembergen 
(63) is useful to help understand basic effects of different physical parameters on T1, 
giving an estimate of Ti for spin 1/2 particles to be 7j =5kT / 97i2 h2qN(n where rj is the 
particle’s “mobility” and N0 is the number of molecules per cm .
The transverse magnetization, which is the portion of magnetization that results in 
the MRI signal, has an irreversible exponential decay towards its equilibrium value of 
zero with a characteristic time, T2, known as the “spin-spin relaxation time” (53). T2 
signal decay is the result of individual nuclei precessing at different rates (59), resulting 
in a net signal decrease over time due to reduced phase coherence, also known as “spin 
dephasing”. A very rough estimate of T2 can be derived (59) by assuming that atoms will 
dephase at a rate equal to yH loc, where Hfoc is the local magnetic field of nearby nuclei.
The local magnetic field will be approximately Hloc ~ ju /r3,where p is the magnetic 
moment and r is the distance to the nearest atom. This gives an estimate of 
1 r 3
T2 = -------= —r—, and suggests that solids have much shorter T2 values than gases.
r H ioc r h
Spin dephasing is induced by intravoxel field inhomogeneities that can be caused 
by both static and nonstatic fields (67). Transverse signal decay caused by static field
10
11
inhomogeneities is considered T2* decay. These inhomogeneities are caused by 
macroscopic magnetic field imperfections, such as those caused by gradient fields, 
intertissue boundaries, magnetic blood cells, and ferrite particles (67). While a 
commonly repeated estimate of T2* is 1 /T2* = 1 /T2 + yABinhom (67), this result is inaccurate
on macroscopic scales (6 8 ). T2* decay can be very nonlinear in the presence of large 
magnetic field inhomogeneities, although this nonlinear decay can be estimated by 
considering the effect of macroscopic inhomogeneities on a subvoxel level (6 8 ).
1.2.4 The Bloch Equation 
When a particle with a magnetic moment, |i, is in the presence of a magnetic 
field, it experiences a torque, t , which is equal to the change of the magnetic moment 
with respect to time (59):
Equations (1.16) and (1.4) can be combined to describe the effect of a magnetic 
field on magnetization,
Under the effect of a large static magnetic field (and neglecting signal decay), 
Equation (1.17) results in a constantly rotating the transverse magnetic field, defined as
T  =  —  =  Y U  X B . 
dt (116)
dt (117)
M x o  ( t) = e 'atM y  ( t) (118)
where Q is the rotation frequency and M™1 is the rotating magnetic field in the reference
frame of the lab. For simplicity, many derivations and simulations neglect this rotation 
and consider everything from the rotating frame of the spins.
Equation (1.17) does not incorporate all physical effects on magnetization, in 
particular, T1 and T2 decay. When the magnetization equation incorporates these two 
relaxation times, it becomes the Bloch equation (69),
dM __ _ (M (t) -  M0)z Mx (t)X + M  (t)y
-----= M x /B  + v zW------ ----------— ------- (1.19)
dt T T2 v '
where M0 is the equilibrium magnetization.
The effects of T1 and T2 on magnetization is usually calculated in the rotational
reference frame for simplicity, especially considering that it is generally straightforward
to move between rotational and nonrotational frames. The solutions to the Bloch
equations (53) can be calculated in the rotational frame by excluding the M  x /B  portion
of the equation and gives the results
M y  (t) = M y  (0)e-t/T 2 (1 .2 0 )
and
Mz = M 0 - (M0 - M z(0))e-t/\  (1.21)
where M0 is the equilibrium magnetization. The magnetization at time t = 0, i.e., Mxy(0) 
and Mz(0), is usually measured from the center of the first RF pulse that changes the 
magnetization so that it is no longer at equilibrium. To convert to the lab reference frame 
with constantly rotating fields, the transverse magnetization, Mxy, should be multiplied by
elwt, resulting in
M r°t = M 0e-/T 2eim. (1.22)
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1.2.5 Magnetic Field and Susceptibility 
In physics, the term “magnetic field” can describe either the H (59) or the B field. 
In MRI, “magnetic field” refers almost always to the B field (53), which includes 
susceptibility and magnetization effects. The relationship between H and B in a material 
(61) is
B = Mo(H  + M) = ^0(1 + ZV )H = ^H , (1.23)
where M is the magnetization, p0 is the magnetic permeability of air, xv is the magnetic 
susceptibility of the material, and p is the magnetic permeability of the material.
The effects of magnetic susceptibility (and magnetic permeability) can be easily 
seen when pure iron is placed in an MRI (70). Regions near the iron will have an 
increased B field, due to the large magnetic susceptibility of iron, and will result in fast 
signal decay and distortion in the image (70). While the permeability ratio of water to air 
(0.999992) or copper to air (0.999994) seems relatively small compared to the ratio of 
iron to air (ratio = 5000+), these small differences can be seen on MR images (70). 
Susceptibility artifacts can be reduced by increasing the magnetic field gradients or 
decreasing the static magnetic field strength (70).
1.3 Background: Imaging Basics and Techniques 
Magnetic resonance imaging is the process by which the spins of a system, such 
as the hydrogen atoms in a human or sample (both referred to as a phantom hereafter), 
are manipulated to create an image (53). The spins of the system are first polarized with 
a large magnetic field (53,59), with the polarization statistics described in Section 1.2. 
After the spins are polarized, a circularly polarized electromagnetic (EM) RF pulse
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creates a rotating magnetic field perpendicular to the main magnetic field at (or near (71)) 
the resonant angular frequency, a  = /B 0 (53). This transmitted RF pulse will cause the
spins to absorb energy and “tip” or “flip” them so that they have transverse magnetization 
(Figure 2). The axis that a spin is flipped or tipped about (Figure 2D) is largely 
determined by hardware, as a coil that is rotated by 90° (axially, around z) will cause the 
spins to be flipped about an axis that is similarly rotated. The transverse magnetization 
precesses around the dominant field and generates an RF signal that is then received by 
the MRI system to create an image (53). The RF signal will eventually reduce to zero 
after the spins return parallel to the main magnetic field (in the time T1) or dephase and 
become incoherent (in the time T2 or T2*, depending on the sequence) (see Section 1.2.3).
In order to differentiate spin densities in different locations of the system, 
magnetic field gradients are applied that changes the frequency of the spin precession 
throughout the volume, which results in a change in the phase of magnetization from the 
perspective of a single receive frequency (Figure 3). With the continued application of 
gradients, the spins continue to accrue phase. The RF receiver receives the signal from 
all of the spins at a single frequency that will change in amplitude over time, based on the 
coherence of these spins. This amplitude, which varies dependent on spin coherence, 
forms the basis for reconstructing an image. (53)
To repeat and clarify, images in MRI are acquired by 1) polarizing the spins in a 
system with a static magnetic field so that they tend to align with the field, 2 ) tipping the 
spins to create transverse magnetization that generates RF signal, 3) applying magnetic 
field gradients to create magnetization phase changes based on physical position, 4) 
acquiring the resultant signal during or after gradient encoding, and 5) creating an image
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based on the received signal and knowledge of the gradient waveforms.
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1.3.1 k-Space
The Fourier transformation is the basis for MRI data acquisition and 
reconstruction (53). The Fourier transformation of an image is referred to as k-space, as 
shown in Figure 4, due to the frequent use of the variable k in the Fourier equation (53). 
Gradients are applied to the spin system so that spins in different positions within the 
system resonate at slightly different frequencies, so that they accrue varying phases 
dependent on position. These phases coherently or incoherently contribute to the overall 
signal. This signal is then sampled over time, allowing the creation of real-time Fourier 
data that can then be transformed into an image. The signal, s(t), that is received by the 
MRI system (53) can be modeled by considering the effects of different magnetic field 
gradients on the system over time. These considerations result in the equation for signal,
where m(x,y,z) is the magnetization at the position (x,y,z) in the sample, and kx, ky, and kz 
are defined as
and where Gx = dBz/dx, Gy = dGz/dy, and Gz = dBz/dz.
The magnetization, m(x,y,z), is the physical magnetization at the position (x,y,z), 
and incorporates effects such as spin density, T1, T2, and other signal effects based on the
s ( t ) = J  x J y  J z m (  x  y ,  z ) e (1.24)
(125)
particular pulse sequence. Direct knowledge of these decay rates is not necessary for 
reconstruction of an image, although the gradient waveforms and time of data acquisition 
must be known. To obtain the magnetization data, which is the image data, an inverse 
Fourier transform is performed on the obtained signal (after appropriate gridding of the 
signal into a k-space matrix), such that
m(x, y ,z) = J kx\K J K s(kx> ky>kz)e2mlK(t)x+ky(t)y+kz(t)z]dkxdkydkz. (1.26)
The majority of pulse sequences that acquire data follow a Cartesian (rectangular 
coordinates) k-space acquisition trajectory (72). This allows for simple gradient 
waveforms and reconstruction that uses the Fast-Fourier Transform.
For clarity, Figure 5 shows a one-dimensional example of an image that consists 
of four delta functions, with the delta functions having twice the amplitude in the center 
of the image. The received signal is the summation of the magnitudes and phases from 
each point in the image (assuming a homogeneous receiver). Initially the phase of each 
magnetization is equal (Figure 5A). After the application of a gradient, the 
magnetizations at different positions in the image have unequal phases due to precessing 
at slightly different frequencies, which results in the signal having decreased magnitude 
and a phase offset (Figure 5B). Continued application of a gradient allows the 
acquisition of signal at four sufficient time-points so that the received signal can be 
Fourier transformed to obtain the initial magnitude image.
1.3.2 The Spoiled Gradient Echo Sequence
A pulse sequence is the sequence of RF pulses, gradients and data acquisition 
schemes that are used to create an image. By varying the RF pulses and gradient
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patterns, different types of information can be obtained from a spin system (53). Images 
can be created that display the difference between tissues with different T1 or T2 values 
(53). These images are considered T1- or T2-weighted images (53). An image is 
considered a spin density image if T1- or T2-weighting effects are minimized, so that the 
image is near to the true spin density (53). An example sequence that can create T1- or 
T2-weighting is the spoiled gradient echo sequence (often referred to as SPGR, FLASH, 
or sometimes GRE (73)) (53).
Before a sequence begins, the spins are assumed to be in equilibrium, so that the 
magnetization, M, is oriented parallel to the magnetic field with no transverse 
magnetization, such that M  =M 0z . A basic pulse sequence will start by tipping the 
spins with a flip angle, a 1, so that the magnetization then becomes 
M  = M f) sin(ay)x+ M 0 cos(or1)z (53). The transverse magnetization will then decay and 
the longitudinal magnetization will recover, so that the magnetization then becomes 
M  =M 0sm(a1)e~t,T2x+ M 0(l-co s(a 1)e~t,Tl)z. Spoiling will often be used at this step,
which refers to the process by which the transverse magnetization becomes zero by 
dephasing the transverse signal with large gradients or RF pulses (53). After spoiling, the
magnetization then becomes M  = M 0(\-c o s(a 1)e~tlTl)z. After time t = TR, the
magnetization undergoes another RF pulse, a2, so that the magnetization becomes
M  = M 0 (1 -  cos(cfj )e~TRITl) sin (a2 )x 
+M 0 (1 -  cos(«j )e~TR /T) cos(a2) z.
After the RF pulse, T2 magnetization signal decay occurs, which is measured at 
time TE and modeled with the additional term E2, such that
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M  = M a( l -  cos(a{)E{)sin(a2)E2x
+M 0 (1 — (1 — cos(^ )Ej) cos(a2) Ej) z, 
with E1 = e~mlTl and E2 = e TE/T2 to simplify visualization. The time where the signal is
measured is referred to as TE (time-to-echo), and the time between RF pulses is referred 
to as TR (time-to-repetition).
While Equation (1.28) can be used to simulate complicated sequences, the spoiled 
GRE sequence has an analytical solution when using a constantly repeated flip angle, a, 
which matches the simulated steady state solution (Figure 6 ). The steady-state transverse 
magnetization of the spoiled GRE sequence (53) is
(128)
, , M 0(1 — E,)sin(a)
M„ = — ----- -— — -E2. (1.29)
1 — Ej cos(a)
Since the transverse magnetization, Mxy, is directly proportional to the signal 
obtained in the sequence, it is often ideal to maximize this signal by minimizing the 
denominator of Equation (1.29), such that 1 — E1cos(a) = 0. The angle that maximizes 
the transverse magnetization for a given repetition time, TR, is called the Ernst angle and 
is when E1 cos(a) = 1. The Ernst angle (74) is
0E = cos—1(e^TR/T1). (1.30)
1.3.3 Basic Pulse Sequences 
Some commonly used MR imaging techniques and acronyms are gradient echo 
(GRE), spoiled gradient echo (commonly referred to as FLASH, SPGR, or sometimes 
GRE), spin echo (SE), inversion recovery (IR), short TI inversion recovery (STIR), and 
echo-planar imaging (EPI) (53). Each technique uses slightly different RF pulses,
gradients and image acquisition techniques to enable imaging with different tissue 
contrast or to enable measurement of other physical parameters (53).
Gradient echo (GRE) is perhaps the most basic and versatile (51) MRI sequence. 
A basic 2D GRE sequence is shown in Figure 7. A GRE sequence typically involves a 
simple transmit pulse (RFa in Figure 7), a slice selection gradient (Gss-1H in Figure 7), a 
phase-encode gradient (Gpe in Figure 7), a readout gradient (Gro in Figure 7), and spoiling 
(Gsp in Figure 7) (more accurately referred to as a FLASH or SPGR sequence) (73). The 
gradients are varied to acquire data at different k-space locations. The time between each 
RF pulse is the repetition time (TR), and the time between the RF pulses and the 
acquisition of the center point in a single k-space line (the center of each analog-to-digital 
conversion readout, ADC) is called the echo time (TE) in Cartesian imaging (53). Most 
GRE sequences acquire data with a Cartesian k-space trajectory, such that each point 
acquired in k-space lies on a rectangular grid with equal spacing between points. Data 
acquisition for a GRE sequence usually occurs nearly immediately after the transmit 
pulse to avoid T2* signal decay.
Spin echo (SE) imaging uses a two RF pulses before data acquisition (51). 
Typically, these pulses will be a 90° RF pulse followed by a 180° pulse (53). The 180° 
pulse is called a refocusing pulse because it flips the spins upside-down and causes the 
static field inhomogeneities to be cancelled out, removing signal decay caused by those 
inhomogeneities (53). This refocusing enables SE to measure T2 instead of T2*. SE 
imaging can create T1-weighted images by using a short TR and short TE, T2-weighted 
images by using a long TE and long TE, and spin density images by using a long TR and 
short TE (51).
An inversion recovery (IR) sequence is a type of SE sequence (51), except that
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that the 90° and 180° pulses are switched from standard SE imaging. The data are 
acquired nearly immediately after the 90° pulse. By varying time of inversion (referred 
to as TI), which is the time between the 90° and 180° pulses, the T1 relaxation of the 
tissues can be calculated. A short TI inversion recovery (STIR) sequence (75) is an IR 
sequence, with the TI time chosen specifically so that fat has no signal when the 90° 
pulse occurs.
An echo-planar imaging strategy (EPI) (14) is a data acquisition strategy that can 
be applied to any of the above pulse techniques. EPI refers to acquiring multiple k-space 
lines between separate TRs (e.g., RF pulses). EPI can be either “single-shot”, which 
refers to acquiring all of the k-space lines within a single TR, or “multishot”, which uses 
multiple TRs to acquire a set number of k-space lines. The benefit of acquiring multiple 
k-space lines within a single TR is that the data acquisition time is significantly reduced, 
thereby reducing motion artifacts or allowing imaging of rapid physiologic processes 
(76). The drawback to EPI is that it has increased sensitivity to magnetic field 
inhomogeneities and susceptibility effects (77) when compared to other techniques. 
Increasing magnetic field gradients can reduce these effects (77). EPI is commonly used 
in diffusion, perfusion, and functional imaging (77).
1.3.4 Non-Cartesian Imaging: uTE, 3D PR and 3D Cones 
Standard k-space acquisition occurs by acquiring data so that they fit onto a 
regular square or cubic Cartesian grid, with equally distributed k-space samples. Non­
Cartesian imaging strategies have been implemented so that the center of k-space can be 
oversampled, which increases SNR of nuclei with short T2* (Section 1.2.3) at the cost of 
blurring the image (47). By oversampling the center of k-space, substances that have
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short T2* can be imaged, where a normal sequence would result in complete loss of 
signal. These sequences often have very efficient pulses so that the TE is minimized, 
resulting in an ultrashort TE (uTE) sequence (47). Some applications for uTE sequences 
are cartilage (19), bone, and sodium imaging (47). uTE imaging also results in fewer 
motion artifacts than typical Cartesian imaging. Two non-Cartesian methods are the 3D 
radial (47,78) and the 3D cones (47,79) sampling schemes (Figure 8 ).
Because the k-space data are acquired on a non-Cartesian grid, the data cannot be 
reconstructed using the standard Cartesian Fast-Fourier Transform (FFT) routines 
(27,28). Different reconstruction schemes for non-Cartesian imaging include regridding 
algorithms (80,81), the nonlinear or nonequispaced FFT (NFFT) (82), the nonuniform 
FFT (NUFFT) (28), and the generalized FFT (GFFT) (83). The Cartesian discrete FFT 
(DFT) routine in most imaging software libraries uses very efficient implementations that 
take advantage of highly repeated operations (84). A DFT reconstruction on a regular 
grid takes on order O(Ndlog N) calculations (85), where d is the number of dimensions 
and N is the matrix size flattened to a single dimension. A straightforward nonlinear 
reconstruction requires roughly O(N2d) operations (85), suggesting that reconstruction 
requires more computational power than a Cartesian DFT. The regridding method is the 
simplest NFFT implementation (27,28), which consists of interpolating the k-space data 
onto a Cartesian grid and then doing a standard Cartesian DFT. Regridding may still run 
into memory and slow reconstruction problems (8 6 ), considering UTE sequences often 
oversample their data, resulting in much larger datasets than normal Cartesian imaging.
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1.3.5 Fat and Water Imaging
The human body contains both water and fat (also referred to as adipose tissue 
(87)) that both give signal at nearly the same resonance frequency. Fat has multiple 
signal peaks that can show up in MRI that can have varying amplitudes in different 
tissues. The dominant fat peak occurs from methylene groups (-CH2)n of triglyceride 
fatty acid chains that result in a spectral peak 3.6ppm (~444Hz at 3.0 T) lower than the 
main water frequency (8 8 ). Fat imaging often attempts to image only the dominant 
-3.6ppm peak, which is larger than the methyl, olenific, and carboxyl peaks by at least a 
factor of 6 (68,89).
Fat and water signals will coherently increase or decoherently decrease the signal 
when imaging at different echo times (90). Water imaging can occur by using a pulse 
sequence that removes the fat signal (75), typically by selectively exciting the fat signal 
and dephasing it before water imaging (91). Water and fat imaging can also occur by 
postprocessing magnitude and phase information obtained at multiple echo times with the 
IDEAL (92) or Dixon methods (90).
A very straightforward technique for obtaining fat (F) and water (W) images is 
the 2-point Dixon method (90) using two images at echo times that maximize and 
minimize the obtained signal,
Im, = F + W
1 . (131)Im2 = F - W







The 3-point Dixon method collects three different images in order to better 
estimate the fat and water images by correcting for nonoptimal echo times and B0 
inhomogeneities (93). These images are two with the fat and water signals in-phase 
(coherently increasing) and one out-of-phase (coherently decreasing) (93). At 3 T, the 
TEs should be separated by a time of 1.05 ms. After these images have been obtained, 
the water, W, and fat, F, images can be calculated (as shown in 
Figure 9) using the following relations that correct for B0 at 3 T:
MRI that detects changes in blood oxygenation, often through T2 or T2* 
measurements using a GRE sequence, is referred to as Blood Oxygenation Level 
Dependent (BOLD) MRI (94). When the hemoglobin in blood does not carry any 
oxygen, it is called deoxyhemoglobin. The iron in deoxyhemoglobin has unpaired 
electrons, has a high spin state (S = 2), and is paramagnetic (95). In contrast, 
oxyhemoglobin has no unpaired electrons, is diamagnetic, and has zero magnetic 
moment. The increased susceptibility of deoxyhemoglobin (96), when compared to 
oxyhemoglobin, results in greater local magnetic field changes that reduce T2 and T2* 
decay rates (96).
BOLD MRI is the basis for functional MRI (fMRI) (97,98), which is a standard
W = (Imj _ Im2e (133)
F = Imj _ (Imj _ Im2e (134)
1.3.6 Oxygenation Measurements with MRI
MRI technique for measuring brain activity based on blood flow and volume. However, 
BOLD MRI is used for imaging other anatomy, such as for evaluating kidney disease by 
correlating oxygenation levels with physiological health (43).
1.3.7 B0 Mapping
The main magnetic field in MRI is referred to as the B0 field. The B0 field is 
very homogeneous in the center of the MRI magnet. By maintaining a homogeneous 
field, the image has minimal distortion, spectroscopic measurements maintain accuracy, 
and signal (T2*) decay is reduced in the image (99). The B0 field inhomogeneity can be 
measured by measuring the phase change between images with two separate echo times 
and is calculated voxel-by-voxel (100). This inhomogeneity, which is the magnetic field 
offset from the main field, is calculated by measuring the difference between the phase of 
two complex images, such that
AB = z(lmA; / ‘m1) . (1.35)yAlE
When there are significant B0 inhomogeneities, it is necessary to unwrap 
(101,102) the phase difference between Im1 and Im2. Otherwise AB0 may be 
underestimated (Figure 10).
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1.3.8 Flip Angle (B1) and Homogeneity 
In MRI, the transmit flip angle refers specifically to the angle that the 
magnetization is rotated away from the z axis. The transmit flip angle is also referred to 
as B1 field, as it is the RF field perpendicular to the main magnetic B0 field that causes 
the spins to flip. The signal in MRI is the direct result of “flipping” the spins. (53,59)
Within MRI, there are two types of B1 fields referred to: B1+ and B1-. The B1+ 
and the B1- fields are defined as counter-rotating to each other (29). B1+ is typically 
defined as the transmit field, and B1- is the receive field (103). At field strengths below 3 
T, the B1+ and the B1- fields are the same. However, at 3 T and higher, the wavelength 
of RF is comparable to that of the dimensions of human tissue, which results in 
differences in the B1+ and B1- fields (103). For the purposes of this manuscript, and, as 
referred to in many papers, “B1” refers specifically to the B1+ field.
For nearly all MRI applications, a homogeneous transmit flip angle is desired. By 
obtaining homogeneous flip angles, all the spins will be tipped by the same amount, 
simplifying interpretation of the image results reducing the need for flip angle correction 
(104). In addition, homogeneous flip angles ensure that an optimum flip angle can be 
obtained for maximum SNR throughout the entire image. As an example, spin echo 
images that do not have homogeneous fields experience severe signal loss (105). 
Homogeneity is also desired for patient safety to ensure that the patient does not 
experience any extreme flip angles that can cause tissue heating (106).
1.3.9 Flip Angle (B1) Mapping
Flip angle mapping is used to measure transmit homogeneity. There are three 
dominant forms of flip angle mapping: the dual (double) angle method (107), the phase 
sensitive method (104,108), and the Bloch-Siegert method (71).
The dual angle is the simplest of all the methods (107), as it can use nearly any 
sequence that has a long TR. In its simplest form, two images are acquired with the GRE 
sequence, with the second flip angle double that of the first. The ratio of the image 




a TX =  cos (136)
The phase sensitive method, developed by Glen Morrell at the University of Utah, 
relies on phase information instead of magnitude (104,108). The phase sensitive method 
is sensitive at very low SNRs, such as those that occur with sodium imaging (108). 
Similar to the dual angle method, two acquisitions are acquired and compared. The phase 
sensitive method involves a nonselective 180° pulse about the x-axis followed by a 
nonselective 90° pulse about the y-axis. Phase in the measurement accrues during the 
180° pulse due to imperfections in the 180° pulse, giving the basis for this method (108). 
There are other effects that can result in phase accrual, such as B0 inhomogeneity and 
chemical shifts. However most of these effects can be reduced by obtaining a second 
image with a negative flip angle of equal magnitude (108). After obtaining two images 
with opposite flip angles, ignoring B0 inhomogeneity, the result is
The above equations are also simplifications under the assumption that the TR is 
much longer than T1 to remove T1 dependencies on the signal (108). The long TR 
required for B1 mapping results in clinically long scan times.
The Bloch-Siegert B 1 mapping is the most recent method developed for B1 
mapping and can be used to overcome the T1 limitations on scan times (71). The Bloch- 
Siegert method involves applying an off-resonant RF pulse that does not excite the 
sample, but results in changes in precession frequencies throughout the image based on 
transmit inhomogeneities (71). Unfortunately, the Bloch-Siegert method requires very
(137)
high powered RF pulses to create the same sensitivity that the phase sensitive method has 
in low SNR scenarios within the same scan times (109).
1.3.10 Signal-to-Noise Ratio (SNR)
In MRI, the signal-to-noise ratio is defined as the ratio of the signal to the 
standard deviation of the noise (18,29,30).
The MRI signal is a result of the transverse magnetization precessing about the 
main magnetic field axis, creating a magnetic flux change over time (29). This flux 
change induces a current in nearby copper coils. The induced current oscillates at 42.596 
MHz/T. By maximizing the transverse magnetization, the signal obtained can also be 
maximized. Since the equilibrium state is for the spins to align or antialign with the main 
magnetic field, the spins are “tipped” or “flipped” with an RF pulse before measurement 
in order to maximize the transverse magnetization. Since magnetization is directly 
proportional to the static magnetic field strength, the number of atoms, and inversely 
proportional to temperature, changes in these three properties directly changes SNR.
The dominant noise in MRI is caused by thermal fluctuations in the “sample” (the 
system or body being imaged) and electronics (29). The sample noise is caused by the 
random thermal fluctuations of the particular nuclei within the sample (29). The thermal 
fluctuations within the sample will add from the entire sensitive volume, so that RF coils 
that are larger (and more sensitive to a larger volume) will have increased noise (18). 
When the sample noise is minimal, the electronic noise will dominate. The electronic 
noise arises from Brownian motion of electrons in the conductor and its noise power, N , 
is described by (29)
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N  = 4kTRAf, (1.38)
where k is Boltzmann’s constant, T is the temperature in Kelvins, R  is the resistance of 
the sample or electronics, and Af is the receiver bandwidth.
The noise between separate MRI scans is assumed to be statistically independent 
between scans. Noise independence allows the noise of separate but identical scans to be 
averaged and have a reduction in noise proportional to the square-root of the number of 
averages. When M  scans are acquired, the signal will increase by M , while the standard 
deviation of the noise will increase by the square-root o fM. When M  scans are averaged, 
the total SNR will increase by the square-root of M  while the total scan time increases by 
M . Increasing the voxel size has a similar effect to averaging, because when a voxel size 
is increased by a factor of M , the amount of information obtained by the voxel is 
increased by that same factor, and the SNR is increased by square-root of M. The 
receiver bandwidth will also affect SNR and bandwidth reduced by M  will increase the 
SNR by square-root of M. (53)
One standard method of increasing SNR is by adding multiple receive coils to a 
system (18). Generally, a system with multiple receive coils will be more sensitive than a 
system with a single coil that covers the same area (18). There are practical limitations to 
the number of coils that can be added to a system, particularly since each coil adds 
complexity to the system and requires separate amplifier and receive channels (18).
1.4 Background: MRI Coils
1.4.1 The Main Magnet 
The main magnetic field in MRI, which is also the strongest magnetic field in the
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machine, is a homogeneous, static magnetic field typically created by six to ten 
superconducting coils (110-112). The homogeneous field is referred to as the 
longitudinal field, the Bz magnetic field, or B0 magnetic field. Over 90% of clinical 
MRIs occur at a field strength of 1.5 T, with 3 T being the second most common field 
strength (5). Human research occurs at field strengths below 0.1T up to 9.4T (5).
Early systems created the main magnetic field with a solenoid that had additional 
external windings to compensate for inhomogeneities (112,113). Multicoil magnets are 
presently more common due to their reduced bore size and copper requirements, when 
compared to solenoid magnets, which results in better patient comfort and decreased 
magnet cost (113).
The superconducting wires in MRI systems are often made of niobium titanium 
(NbTi) (110) embedded in copper and cooled by liquid helium (114). Early magnet 
designs insulated the helium by liquid nitrogen cooling, while newer designs use 
cryocoolers or refrigerators without liquid nitrogen (115). Magnesium diboride 
superconductors are being investigated due to their ability to superconduct at a higher 
temperature than NbTi (20 K versus 4 K), which may allow low field systems in regions 
where liquid helium is inaccessible or may allow more aggressive magnet designs (112).
Figure 11 shows a Biot-Savart simulation of a simple solenoidal coil, illustrating 
the central Bx, By, and Bz magnetic fields of a very simple magnet design. The Bz field 
has maximum strength and homogeneity at the center of the coil, where the Bx and By 
fields are negligible. The “fringe fields” of the magnet are near the solenoid openings 
and is where the Bx and By fields are strongest.
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1.4.2 Magnetic Field Gradients
Magnetic field gradients are used to spatially vary the longitudinal (Bz) field (53). 
By spatially varying the Bz-field, different regions within the field can be distinguished 
by their resonance frequency. Three gradient systems are used to create a varying Bz 
field in the x, y, and z directions. That is, the gradient in the x direction is Gx = dBz/dx, 
in the y direction is Gy = dBz/dy, and in the z direction is Gz = dBz/dz.
A simple magnetic field gradient can be made of two coils placed on opposite 
sides of the imaging region, with current going opposite in direction from each other (53). 
This configuration creates a spatially varying magnetic field and resembles (or is 
equivalent to) a Maxwell pair (53).
The gradients will switch between different strengths during an MRI scan, 
dependent on the requirements of the sequence (53). Gradient switching can induce 
currents in conductors, such as in RF shields or gradient windings resulting in image 
distortion (116) or in the human body resulting in nerve stimulation (117-119). Nerve 
stimulation due to gradient switching is at a maximum on the peripheries of the magnet 
where the magnetic fields due to the gradients the greatest rate of change (118). Gradient 
strengths and slew rates are regulated to reduce potential physiological effects, such as 
peripheral nerve stimulation (PNS) (118). Standard clinical maximum gradient strengths 
are roughly 40 mT/m with slew rates up to 200 T/m/s (118).
Smaller volume gradients can achieve higher maximum gradient strengths and 
slew rates, as the periphery of the gradients require lower overall magnetic field 
amplitude and result in less PNS (120,121). This effect was exploited in our composite 
gradient system, which consisted of the scanner’s gradients linearly combined with an 
insertable gradient (120,121). The composite gradient system doubled our gradient 
strength to 80mT/m and slew rate to 400 T/m/s. The system could triple the strength but
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due to safety concerns (for both patients and the system itself) was typically only used at 
double strength. Due to faster gradients and higher gradient fields, the readout bandwidth 
could be doubled, which improved diffusion weighted imaging, reduced susceptibility 
and motion artifacts, and reduced T2* blurring (121).
Static discharge, mechanical stress and vibration, hardware failures, and leaks in 
the radio-frequency shield can cause unwanted k-space signal that reduces image quality 
(122). Figure 12 shows k-space spikes at random positions throughout the k-space 
image. In our experiments, these spikes were removed by implementation of a RF shield 
around the RF coils and by tightening the gradient cables.
1.4.3 The LC Circuit
Radiofrequency coils are used to flip the spins in MRI or receive the signals from 
the flipped spins (53,124). Radiofrequency coils are “tuned” to a specific frequency, 
which means that they resonate at that frequency. A tuned RF coil has minimum 
resistance at frequency, so that it can efficiently transmit to flip spins with minimum 
input power or so that it can efficiently receive RF from the flipped spins with minimum 
signal loss (124).
An RF coil is made by making a conductive loop, usually made out of copper, 
resonate at MRI frequencies. The inductance of the loop, L, is resonates with an inserted 
capacitance, C. The resonant circuit, also called a tank circuit, tuned circuit, or an LC 
circuit, will resonate at the angular frequency of (124)
° = 2 K f  = V 5 f ’ (139)
where ro is angular frequency, f  is ordinary frequency, C is capacitance, and L is
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inductance. Given a frequency and inductance, the resonant capacitance will equal
C = - L  (1.40)
o L
The LC circuit can either be made to have zero impedance at a given frequency 
when the inductor and capacitor are in series, or infinite impedance when the inductor 
and capacitor are in parallel (124). The circuit in Figure 13 is the basis for antennae, 
coils, as well as frequency filters such as trap circuits.
To achieve resonance in an LC circuit, an inductor should have an impedance of 
ZL = j o L , and a capacitor should have an impedance of ZC = 1/ j o C , where j  is the
imaginary unit (124). When a capacitor and inductor are in series, the system has 
impedance
1 2 T S"*
ZT = ZL + Zc = jo L  + 1 / jo C  = — ----- . (1.41)
j oC
This impedance will be equal to zero when L and C are resonant. When a 
capacitor and inductor are parallel to each other, the system has the inverse impedance
Zt = ( Zl- 1 + Zc- 1) - 1 = - L .  + j o  = - JoL ^ . (1 42)
jo L  1 - o LC
The total impedance of this system will be infinite when L and C are resonant, 
when the denominator of Equation (1.42) goes to zero.
A parallel, resonant capacitor and inductor, such as shown in Figure 13, are 
considered a trap circuit when inserted into a resonant coil, since it traps the resonant 
signal and disallows it from passing through the circuit (124). Traps are used to disable 
coils rom resonating (i.e., detune the coil) by creating high impedance in the coil circuit 
path.
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Traps will often contain a diode so that when the diode is turned on (forward 
biased with a small positive DC current), the diode will be at a low resistance and allow 
the trap to resonate (124). The diodes will be in series with an inductor for standard 
receive coil detuning. The total impedance for this system can be calculated as
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Zt = ((ZL + R) -1 + Zc-')-' = 1 R J  , (1.43)
1 - a  LC + jaC R
where R is the diode resistance. When (1 - a 2 LC) = 0, which is the resonant case, the 
equation becomes
Zr = —^ -  + — . (1.44)
T JaC CR
An ideal trap will have infinite impedance, which does not occur in practice. 
According to Equation (1.44), a trap will have maximum impedance when C and R are 
minimized, and L is maximized.
1.4.4 The Smith Chart 
The Smith chart (Figure 14) is a tool that RF engineers use to analyze an RF 
circuit over a range of frequencies (125,126). The simplicity of the Smith chart is in its 
ability to measure and visualize complex impedances over many frequencies 
simultaneously, which allows a user to very quickly determine the resonant frequencies 
and the properties of a circuit. The Smith chart is based on measuring the reflection 
coefficient (125,126), also called the return loss when measured in dB, of a circuit by 
sending out an RF signal from one port of a Vector Network Analyzer (VNA), and then 
receiving signal from the same port. The return loss measurement is also called an S11 
measurement when the measurement occurs on the first port of the network analyzer (and
S22 on the second port, etc.).
S11 is equal to the reflection coefficient, r ,  which is defined as the ratio of the 
reflected (received) RF wave to the incident (transmitted, forward) wave (125,126),
S„ =r= lj R , (1.45)
VF
where VR and VF are the reflected and forward voltages. The reflection coefficient can be 
translated into a normalized impedance with the following relation,
z = ------, (146)
1 - r
where z is the complex, normalized impedance. To get the actual impedance, Z, the 
normalized impedance must be multiplied by the characteristic impedance Z0. (A capital 
Z would indicate the non-normalized impedance.) Equation (1.46) can be rewritten to 
give S11 in terms of the load,
z -1Sn =r = —  . (1.47)
z + 1
When the normalized impedance of the load is matched (or equal) to the 
normalized impedance of the network analyzer, there will be zero reflection and all the 
power will be absorbed, giving r  = 0. The reflection coefficient is positive for loads 
above Z0, reaching +1 for infinite impedances, such as an open circuit. S11 is negative for 
loads below Z0, and is equal to -1 for zero impedance, such as occurs with a short circuit.
Figure 14 shows a Smith chart with a characteristic impedance of 1Q . Smith 
charts used in RF coils are typically normalized to have a characteristic impedance, Z0, 
equal to 50Q, which will be the impedance value at the center of the chart. The only 
straight line on the chart (the green line on Figure 14) shows the line of real impedance 
only (zero reactance). A series inductor or capacitor will cause the impedance to move
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clockwise or counter-clockwise, respectively, along a circle of constant resistance (the 
blue circles in Figure 14). Increasing or decreasing the resistance of the circuit will cause 
impedance to move along the circles of constant reactance (the red lines in Figure 14).
Figure 15 shows a simulation and results of a coil using the Quite Universal 
Circuit Simulator (QUCS). The decibel plot of the magnitude of S11 is shown in Figure 
15B and the Smith chart in Figure 15C. When referring to decibels for RF coils, the 
values are given in terms of power (125,126), which is related to S11 in Equation (1.45) 
through
dB(S„) = 20log10 (S „ ) . (1.48)
The dip (|S11| > 35dB) at 123.23 MHz in Figure 15B shows that the coil absorbs 
nearly all transmitted energy, indicating that the coil is both tuned and matched. The 123 
MHz point indicated on Figure 15C is at the 50Q point and has zero reactance, indicating 
that the coil is tuned and matched. A typical well-tuned and matched RF coil will show a 
Smith chart similar to Figure 15C.
1.4.5 RF Coils
RF coils are made to transmit and receive magnetic fields perpendicular to the 
superconducting magnet (53,124). Most RF coils are copper loops that contain capacitors 
so that they are resonant (sensitive) at a specific frequency. In addition to being tuned to 
a specific frequency, coils are designed so they have a B1-field that is either very 
sensitive to a particular geometry for receive coils or very homogeneous within a large 
region for transmit coils (53,124).
Faraday’s Law (127,128) is enlightening to help determine the voltage that a coil
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will obtain. Faraday’s law states that the voltage induced in a loop will be equal to its 





Magnetic flux is defined as the surface integral through the area defined by the 
boundaries of the loop,
Ob = § a B dA . (1.50)
In order to obtain the magnetic flux, the magnetic field can be modeled using 
Biot-Savart’s Law (128) which relates magnetic fields to the currents that pass through 
them. Biot-Savart’s Law states that magnetic field, B, due to current is equal to
B = « a  -M xr , (151)
4^ |r|
where l is the segment of wire that the current, I, passes through, and r  is the vector 
between that wire segment and the point where the magnet field is calculated. A receive 
coil can be modeled as a transmit coil and vice versa, due to the Principle of Reciprocity 
(29,127,129). The Principle of Reciprocity (also called Lorentz reciprocity (129)) states 
that the relationship between an oscillating current and the resulting electromagnetic field 
is unchanged if the regions where the current is generated and the field is measured are 
interchanged.
When Biot-Savart’s Law is analytically applied to a circular loop of radius R, the 
field at the center of that loop is (61)
B = ^ ° - , (1.52)
z 2  R
where the z-axis is perpendicular to the plane of the loop. The field along the center axis
of the loop is (61)
37
AoR I  (i 53 )
Bz =— Z-----^ 3 2 . (153)
2  ( z 2 + R2)
This result illustrates two points: when the radius of the coil increases, the 
magnitude of the magnetic field decreases proportional to the radius; the coil is most 
sensitive to magnetic fields near the coil itself and loses a lot of its field strength (~70%) 
at a depth equal to its radius. While a larger loop will result in a weaker magnetic field 
strength near the loop, it will have stronger fields distant from the loop and be more 
homogeneous than a smaller loop. SNR for a simple loop with body-noise dominance
5/2(discussed in Section 1.4.9) will have the SNR increase roughly proportional to 1/R 
(130,131). A rule of thumb for selecting coil size is that the coil radius should be 
comparable to the depth of the desired region to be imaged (18).
Deriving the complete analytical solution to the magnetic field perpendicular to a 
loop is beyond the scope of this work, but since the loop is a very commonly used 
geometry the analytical solution is given (132,133). The analytical solution for a 
magnetic field perpendicular to a loop (from the signal giving field of an RF coil) is
1B± =Bo E  ( k  ) X— ^ ----P-  + K ( k )
Q -  4a  '
(154)
where a  = —, P = —, Q = ((1 ( a ) 2 ( j32), k  = 
a a \
4a—  , B0 is the magnetic field at the center
of the coil (B0 = (wo/2a)), K(k) and E(k) are the complete elliptical integral functions of 
the first and second kind, a is the radius of the loop, x and r are the distances from the 
center of the loop, with x being the on-axis longitudinal distance and r being the 
transversal distance. This magnetic field is shown for a simple loop in Figure 16.
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1.4.6 The Basic Receive Coil 
The basic receive coil consists of inductive copper and capacitors to allow the coil 
to resonate, as discussed in Sections 1.4.3 and 1.4.5. For a very basic coil, there are five 
components, as shown in Figure 17: the tune capacitor (Ct), the match capacitor (Cm), 
and the match inductor (Lm), and two detuning circuits (the crossed diodes, Ld and Ct; 
and the single diode, Lm and Cm) (124).
Varying the tune and match capacitors and inductors will have slightly different 
effects on impedance. Figure 18 shows a QUCS simulation of a Smith chart for three 
different coils. A match capacitor that is too small will have a frequency circle that is too 
large (Figure 18A). A tune capacitor that is too small will have a resonance far away 
from the center of the Smith chart, but will have a circle of nearly the correct size (Figure 
18B). A match inductor that is too small will have a slightly rotated circle (Figure 18C). 
It should be noted that Figure 18C will be a coil that is matched and works very well, but 
some experiments on varying the match inductor seem to indicate that preamplifier 
decoupling can be improved by rotating this circle slightly (although not by more than 
0.5 dB in this situation).
Receive-only (Rx-only) coils also incorporate diodes that can activate to detune 
the coil during transmit (124). Detuning the coils during transmit prevents the coil from 
receiving the transmit RF energy, which is orders of magnitude larger than the RF energy 
received from the body and can cause the preamplifiers to burn out from high voltages. 
If the Rx-only coils are not detuned during transmit, they can also couple to the transmit 
coil and change the tune and match of the transmit (Tx) and/or Rx coils, resulting in less 
transmit and/or receive efficiency. The receive coils must also be detuned so that they do
not enhance or shield the transmit RF signal, which can result in reduced homogeneity by 
concentrating RF energy around the loops and potentially burn a patient (124).
The diodes activate during transmit and cause resonant circuits within the coil, for 
active detuning (creating a resonance with Cm and Lm) when a positive current is given 
(+100mA on our scanner), or for passive detuning if sufficient signal occurs (creating a 
resonance with Ld and Ct) that should only occur if the active detuning circuit fails (124). 
The receive signal is not sufficient to activate the diodes, so they do not affect the coil’s 
resonance and present a high impedance during receive.
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1.4.7 Mutual Inductance 
Multiple coils will couple together through mutual inductance (18,61). Mutual 
inductance is the amount that a current through one coil creates a voltage in a second coil 
(61). For example, an RF transmit coil can affect the magnetic field, noise and resonance 
of RF receive coils (134), and different RF receive coils will affect other receive coils 
(18).
Mutual inductance can be derived using Maxwell’s equations by relating the 
effect of magnetic flux created by one coil that is measured by a second coil. Mutual 
inductance is primarily a geometrical derivation (as long as permeability is constant), 
independent of the amount of current present in either coil. The formula for calculating 
mutual inductance directly (without directly involving Maxwell’s equations) is called the 
Neumann formula (61). The Neumann formula for calculating mutual inductance 
between coil i and coil j is
I  & ^ , 0 .55)u 4 ^  J Q J Cj | r  |
where dsi, dsj, are infinitesimally small vectors that follow the length of coil i and coil j, 
and Rij is the distance between those vectors. The same equation can be used to estimate 
self-inductance to a degree, but only by excluding singularities that occur.
1.4.8 Phased Arrays and Decoupling 
When multiple coils are used simultaneously to receive signal from a volume at a 
single frequency, they are considered a phased array (18). One of the most significant 
improvements in MRI has been the development of the RF phased array to improve 
image quality (18), either through improved SNR with receive arrays (135) or improved 
homogeneity with transmit arrays. RF phased arrays have been applied extensively to 
MRI (136-139). RF phased arrays often improve the SNR in MRI (135) when compared 
to birdcage, Helmholtz, and saddle coils (140) by reducing the coil’s sensitive volume to 
noise (18). Generally, multiple receive loops will be much more sensitive than a larger 
loop of a similar area (135,141). There is a limit to the useful size of smaller loops, due 
to increased complexity of the system and increased electronic noise (142). If coil 
electronic resistance could be zero, multiple small coils will have better SNR when 
compared to a larger coil of comparable area (18). However, the implementation of more 
coil elements to increase SNR increases the difficulty of implementing a phased array 
(18).
Phased arrays at 1.5 T and 3 T field strengths typically use a large, homogeneous 
transmit coil in conjunction with smaller receive loops, for optimal SNR (143). Phased 
arrays must be optimized for a particular body region, magnetic field strength, and 
nuclear frequency. Generally, a phased array with many small loops will outperform a 
larger loop that covers the same area (135,141). However, the complexity of the array
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increases significantly with more phased array loops, often with decreasing benefits (18).
The coils must be decoupled from each other so that their interactions don’t 
decrease their sensitivity. When the coils are not decoupled, they will share noise and 
change their sensitive frequency. There are two predominant methods to decouple 
receive coils from each other: preamplifier decoupling and overlap decoupling (18).
Preamplifier decoupling attempts to reduce interactions between the coils by 
reducing the amount of current that flows through the coils when in receive mode (18). 
By limiting the current that can flow through the coils, noise and signal coupling is 
significantly reduced through other receive coils. The preamplifier contains a resonant 
capacitor and inductor to enable low preamplifier impedance, which occurs by a quarter- 
wave transformation of the coil impedance through this resonant circuit to the high 
impedance of the first transistor in the preamplifier (18). Preamplifiers with lower input 
impedance have greater decoupling strength (18).
Overlap decoupling is used to reduce the mutual inductance between adjacent 
coils (18). Mutual inductive coupling between two coils is dependent on their geometry 
and position relative to each other (see Section 1.4.7). It is theoretically possible to 
eliminate mutual inductance between two circular loops (or at least, significantly reduce) 
by placing the loops either very far apart or overlapping them by ~25% of their diameters 
(18). By overlapping adjacent coils to minimize their mutual inductance, the coils 




The quality-factor, Q, of a coil is the ratio of the peak magnetic energy stored
within the coil over the average energy dissipated (142). Q-ratio measurements are 
useful in determining the resistances of the coil. The Q of a coil can be described in 
terms of energy,
„ 2 ^  max instantaneous energy stored in circuit _
Q = ---------------------- :—:------------------------------ , (156)
energy dissipated per cycle
or, in terms of the reactance and resistance of the resonant coil,
Q = — . (1.57)
r
When a coil is loaded by being placed next to a sample, (such as a body or 
phantom,) the Q of the coil will change due to its interaction with the sample (142). An 
unloaded coil will have a resistance, rcoil, due only to the coil itself, while a loaded coil 




Qloaded = — ° -----. (159)r + rcoil sample
The lower case “r” is used here to symbolize resistance because it describes the 
internal resistance of the coil/sample and its usage is common in other coil papers (142).
A high unloaded Q value is desired, since that suggests that the electronic 
components of the coil contribute very little to the coil’s noise (142). A high Q also 
indicates a low rate of energy loss relative to the stored energy. A low loaded Q value is 
desired, since that suggests that the coil is strongly interacting with the sample. The ratio 
of the unloaded to loaded Q values is regarded as the sensitivity of a coil, where a higher 
Q-ratio suggests higher coil sensitivity:
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O r + r
Q-ratio = ^  = coil sample . (1.60)
QL rcoil
The Q of the coil is measured with two decoupled magnetic probes, also called 
pickup probes, near the coil (124). RF power is transmitted through one of the magnetic 
probes. RF power near the resonant frequency of the coil will be absorbed temporarily 
by the coil. The subsequent power transmitted from the resonant coil will be detected by 
the second magnetic probe. This measurement will occur between a span of frequencies. 
Q can be determined experimentally by measuring the frequency with peak power 
transfer, fp, and determining the bandwidth from the peak, Af (the difference between the 
frequencies where 50% of the energy has been lost) (124):
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Coil resistance and sample resistance change as a function of frequency, as shown 
through experimental evidence in Table 1, which shows measured loaded and unloaded Q 
values at different frequencies, with the capacitor values measured before placement in 
the coil. The most noticeable effects are that low frequency coils have small sample and 
coil resistance. Sample resistance changes dramatically as frequency increases. This 
measurement is important because it informs us that a lower frequency coil is more 
sensitive to changes in coil resistance, such as might occur when diodes are inserted 
serially into the coil. The measurement also informs us that Q-ratio increases as a 
function of frequency, given a similar diameter coil. A higher Q-ratio at higher 
frequencies suggests that higher frequency RF will be more sensitive to a sample than 
low frequency RF.
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1.4.10 Noise Figure (NF)
Every component that is used for signal detection contributes noise to that signal 
(144). Noise figure (NF) is the measurement of how much noise a measurement and 
detection system adds (144). NF is the difference in decibels between the noise output of 
an actual receiver to that of an ideal, noiseless receiver. There is a direct correlation 
between NF and signal to noise ratio - a 3 dB decrease in NF will result in a 3 dB 
increase in SNR. NF’s are especially important for first stage amplifiers (preamplifiers), 
since the noise from one device will be added and amplified in the following device. A 
NF equal to zero means that the detection system adds no noise. A large amount of noise 
results in a high NF. The NF for an MRI preamplifier is typically between 0.3 and 0.5 
dB.
Noise factor (F) is defined as the loss of SNR from a measurement device (144),
F  = SNR / SNR„ . Noise figure is the noise factor in decibels,
(162)NF = 10log10(SNRm / SNRoUt)
SNR = S  / NThe variable, SNRin = Sin Nin , is related to the SNRout through the amplification
(by gain factor G) of both the signal and noise, and through the addition of amplified 
noise from the device-under-test (DUT), which is whatever component is being measured
and is often the preamplifier. Thus, SNRout = GSin / G(Nin + N dut ) . These SNR
equations let us express NF in terms of noise only by using Equation (1.62),
NF = 10lo&0(  1 / N.
V1 / N m + 1 / N dUT j (163)
The noise can be expressed in terms of a temperature with Johnson noise (144), 
N  — 4kTAf, which further simplifies the NF to
T  + T ^ ' .
(164)
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NF — 10logj in D UTT
V  in J
NF is measured in our lab using a noise meter (Rhode and Schwarz Network 
Analyzer with the FS-K30 option, shown in Figure 19) and noise source (Noise Com 
NC346A, shown in Figure 20). The NF meter generates a 28 VDC signal that reverse 
biases the avalanche diodes in the noise source beyond diode breakdown and generates 
white noise. The noise from the noise source then enters the preamplifier. NF is 
calculated by measuring the difference between the noise source on and noise source off.
1.4.11 The MR- Preamplifier 
Preamplifiers (preamps) are used for amplifying the RF signal as immediately as 
possible prior to sending the RF down long cable lengths that can result in signal loss 
(18). The preamplifiers used in MRI are charge-sensitive semiconductor detectors (145). 
MRI preamplifiers are typically powered by +5 or +10 V through the port that goes to the 
scanner. Protection circuitry, such as in the TR switch for transmit coils and detuning 
circuits in receive coils, prevents potentially high RF (>30 dBm typical, where 0 dBm = 1 
milliWatt and 30 dBm = 1  W; Power (dBm) = 10log10(Power (mW) ) on the preamp 
input that can cause semiconductor breakdown and cause the preamp to not work 
properly (146).
When selecting a preamplifier, the NF (see Section 1.4.10), gain, and input 
impedance of the preamplifier are major considerations (18). The NF of MRI
preamplifiers are typically <0.5 dB and the gain is usually >25 dB (18). Low-impedance 
preamplifiers are used in RF receive arrays as the low-impedance preamplifiers result in 
better decoupling between other array loops (18). Preamplifiers with 50Q impedance are 
desirable for birdcage transmit coils to maintain coil sensitivity between transmit with the 
scanner transmit port at 50 Q and receive with the preamplifier.
A schematic of a proton preamplifier (preamp) is shown in Figure 21 as 
experimentally mapped by removing and measuring individual components:
• The first inductor and capacitor of the preamplifier resonate with the match circuit in 
the coil, so that the coil appears to have infinite impedance to other coils, thereby 
reducing coupling to other coils (18).
• Following the LC circuit are crossed diodes that activate when excessive signal 
reaches the preamp, in an attempt to protect the amplifier circuits. The preamps are 
still not completely protected, as very excessive signals can cause the crossed diodes 
to permanently short. The opposite side of the preamp can also result in the preamp 
breaking, such as if  excessive current is induced on the cable between the scanner and 
preamp, which may happen during pulse intensive sequences (e.g., SSFP, DTI) if  that 
cable does not have traps on it.
• A field-effect transistor (FET) is used as the first-stage amplifier (18). 
Pseudomorphic high-electron-mobility transistors (pHEMT) are used as the FET 
device (147), which have better noise properties at microwave frequencies when 
compared to typical transistors (148). The pHEMT also has a very high resistance 
that is quarterwave transformed by the initial LC circuit on the board into a very low 
impedance (18,147).
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• A bipolar junction transistor (BJT) follows the pHEMT for second-stage 
amplification. The BJT is used in common base mode, which allows it to have high 
voltage gain, low input impedance, and high output impedance (149). The base of the 
BJT separates the input and output, increasing the impedance between them and 
reducing oscillations that can contribute to noise.
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1.4.12 Specific Absorption Rate (SAR)
When a coil is transmitting, some of the RF energy will be deposited in the 
sample. Specific absorption rate (SAR) is the rate that a body absorbs RF energy (150). 
SAR is reported using the maximum level from the body or volume-of-interest (VOI). 
SAR is calculated as (150)
SAR = U ^ ± * ,  (1.65)p P (r)
where a is the body electrical conductivity, p  is the body density, and E  is the root-mean- 
square electric field. According to Equation (1.65), a smaller coil will have a small 
volume that deposits much less energy into the sample than a large coil.
1.4.13 Transmit Coils 
In order to take full advantage of the phased array, a large homogeneous transmit 
coil is necessary (124). A large, homogeneous transmit RF coil allows signal to be 
acquired deep into a sample and reduces the requirement to correct for inhomogeneous 
flip angles. Often a large transmit coil is used to maximize field homogeneity in 
conjunction with smaller receive loops to increase the overall sensitivity of the system 
(18).
The scanner is equipped with a permanent proton coil, referred to as the body coil, 
that can be used for transmit-only or for both transmit/receive. While the body coil is 
ideal for most situations, due to its large homogeneous volume, other transmit coils are 
occasionally needed. When compared to the body coil, a local transmit coil will have 
increased SNR (Section 1.4.5) and reduced patient heating (i.e., SAR, Section 1.4.12) due 
to its reduced size and more localized fields. This reduction in SAR allows a local 
transmit coil to be used in more SAR intensive sequences when the body coil cannot. 
Local transmit coils are also required when the transmit fields from the body coil are 
shielded, preventing transmit RF penetration. In addition, nonproton experiments require 
specialized transmit hardware because the scanner is not equipped with nonproton coils.
Transmit coils are designed to maximize the homogenous transmit field (124). 
While a circular loop can be used to transmit, a more efficient and homogeneous design 
at field strengths at and below 3 T is the birdcage coil (124). Above 3 T, the high 
frequencies result in low capacitor values that make tuning difficult, and the high 
frequencies result in less homogeneous fields, so coils besides birdcages are used, 
including the TEM volume resonator (151,152) and transmit arrays (153).
If a transmit coil remains tuned during receive, the transmit coil can couple to the 
receive loops and make them less sensitive, resulting in a lower overall SNR. Transmit 
coils require circuitry to detune them, such as those described in Section 1.4.15.
Larger transmit coils require electronic parts that can tolerate hundreds of volts 
(154). A coil that is only a few centimeters in diameter will require only a few volts of 
RF energy to tip the spins 180°. A coil that is more than two feet in diameter can require 
hundreds of volts to tip the spins 180°.
48
1.4.14 Birdcage Coils 
A birdcage coil, so named because it looks like a birdcage, is a common transmit 
coil. Birdcage coils consist of circular copper end rings attached to copper rungs (legs) 
that are arranged cylindrically. A shielded, end-cap birdcage coil is shown in Figure 22.
There are three types of birdcage coils -  low pass, high pass, and band pass (155). 
Low pass birdcage coils have capacitors on each rung; high pass birdcage coils have 
capacitors on each end ring segment; band-pass birdcages consist of both high and low 
pass birdcages. A high pass birdcage requires larger capacitor values than a low pass 
birdcage to create a homogeneous field at the same frequency (155).
The birdcage coil has a current variation around its circumference, where the 
current is related to the sine of the angle of the rung (155). Because of this sinusoidal 
relation, the birdcage can be driven in quadrature at two different ports that are 90° apart 
to become more efficient than a flat loop -  both in transmit RF fields and receive RF 
fields (130,156). A quadrature birdcage creates a circularly polarized RF wave 
perpendicular to its rungs and is very homogeneous throughout its central region.
A birdcage with N rungs will have N/2 resonant frequencies, wavenumbers or 
modes (130,155,157,158). Only the first mode generates a homogeneous field in the 
center of the birdcage, which is the lowest frequency of a low-pass birdcage and highest 
frequency for a high-pass birdcage. The resonant frequencies of a low-pass birdcage 
(shown in Figure 23), with zero resistance and zero rung inductance, are
2 • x Ma  — - --- - sin ------, (1.66)sflL C  N  V '
where N  is the number of rungs and M is the mode. More complex analytical models are
in (155,157-159). High-pass birdcages also have zeroth modes, called the corotating and
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anticorotating modes, which are resonant modes that do not pass through the rungs but 
are resonant modes in the end rings themselves (157). These are usually much smaller 
peaks when detected with a magnetic probe at around a 10% higher frequency than the 
homogeneous 1st mode.
A birdcage can be tuned by placing a large circular magnetic probe (142) in the 
center of the birdcage, oriented parallel to a high-pass birdcage loop or perpendicular to a 
low-pass birdcage loop that will be tuned. A straightforward method to tune a birdcage is 
to put similar lumped element capacitors on each rung / end ring segment, and then to 
replace the capacitors with adjustable ones to remove the variation of starting with 
adjustable capacitors of unknown sizes.
An end cap is often used to improve the SNR and size of the homogeneous region 
of the birdcage by acting as a current mirror (160). The end cap pictured in Figure 22C 
has copper strips separated by ~1mm gaps, with 15000 pF capacitors placed across them. 
The gaps reduce eddy currents (128) that can cause field distortion (116), which is caused 
from switching gradients inducing currents. The capacitors allow the system to be low 
impedance to RF, so that the end cap results in induced RF currents and acts similar to a 
solid copper end cap. The capacitors and gaps present high impedance to the gradient 
magnetic fields, so that eddy currents are not induced on the shield and yet still allow the 
gradient fields to pass through.
Generally, smaller coils do not have significant frequency shifts when placed 
inside the bore of the magnet, while larger coils, like birdcages, will have shifts due to 
their position and orientation, which affect their tune and match. The RF shield around 
the birdcage allows the coil to be placed anywhere in the MRI without significant 
frequency shifts. An RF shield can also allow a birdcage to be placed near to other
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electronic components, such as the insertable gradient in Figure 24, without any 
significant changes in tune / match.
Without any shield, the birdcage resonance frequency changed by 7 MHz when 
placed into the insertable gradient of Figure 24, but with a shield the resonance changed 
by less than 0.5 MHz. Similar to the construction of the end-cap, the birdcage shield 
(Figure 22B) had copper strips with ~1mm gaps, with 15000 pF capacitors connecting the 
strips from adjacent gaps, to create a low RF impedance at 123 MHz and high gradient 
field impedance for frequencies below 200 kHz. The number of capacitors and capacitor 
locations were empirically determined by placing capacitors at first far apart, measuring 
the frequency shift with the coil inside and outside the insertable gradient, and then 
adding capacitors half-way between the nearest capacitors where there were the greatest 
frequency shifts. This process was repeated until the capacitors no longer had any effect 
on the frequency shift. Adding capacitors near the end-cap had a much greater effect 
than adding them in the center of the shield or near the front of the coil; adding capacitors 
near the open-end of the coil shield had a much greater effect than adding capacitors 
towards the center. The shield was more effective when connected to the end-cap, 
reducing the shift from 1.5 MHz to < 0.5 MHz.
The effectiveness of the shield was also tested with SNR measurements using a 
GRE sequence. The SNR when the shielded birdcage was completely inside, halfway 
inside, and completely outside of the insertable gradient shown in Figure 24. The SNR 
results in Figure 25 show less than a 10% SNR change with the different configurations, 
demonstrating that the birdcage could be useful in different scenarios.
Asymmetries in the shield and end cap affected the balance (the homogeneity) of 
the birdcage. The unshielded birdcage was symmetric, but the shield created asymmetric
51
resonances that could be seen with different probe orientations, with frequencies varying 
up to 3 MHz. Future iterations of shielded birdcage coils were implemented with easily 
removable shields, such as the one pictured in Figure 26, so that shielding effects during 
bench-measurements could be more closely observed when the shield was placed over 
the birdcage.
1.4.15 Forward-Biased Diodes 
An important feature of a PIN diode is its ability to control large RF signals while 
using much smaller levels of DC current (161). The behavior of waves passing through 
DC biased diodes at RF frequencies (> 3 kHz) is different from the behavior at AC 
frequencies where signals can be clipped, which is when the negative half of the wave is 
set to zero. When a PIN diode is forward biased, holes from the P-region and electrons 
from the N-region enter the I-region, reducing the resistance of the I-region (161). This 
movement of holes is not an immediate effect. If a diode is forward-biased with a 
current, IF, it results in a stored charge, Q = Ift, which puts the diode in an activated, low 
resistance state. The diode's resistance under forward bias is inversely proportional to the 
stored charge, Q. When the diode forward bias is removed, the negative and positive 
charges in the diode will eventually recombine, with a recombination time of t, also 
called the carrier lifetime.
When a PIN diode is forward biased, the maximum RF current the diode can 
control depends on the amount of stored charge, Q, supplied by the DC forward bias 
relative to the charge variations produced by the RF signal (161). For a half cycle of a 




In order for the diode to remain on, the stored charge, Q , must be greater than the 
introduced charge, q  (161). The charge ratio can also be rewritten as
A PIN diode forward-biased with 100 mA will remain activated if  a 100 MHz 
wave passes through it, up to many kilowatts of power, with little to no distortion of the 
wave (48,50,162). This effect is shown in Figure 27.
The effect of diode insertion on SNR was tested on a single square coil that had a 
diode (MACOM MA4P7464F-1072T) inserted serially into it after an initial SNR 
experiment (Figure 28). The insertion of the diode resulted in similar SNR values, 
despite the high RF voltage (~132 V) and current (= 132 V / 50 Q = 2.6 A) being much 
greater than the DC bias voltage (+10 V) and current (+100 mA) that the scanner 
supplies.
Despite previous experiments (48) and predictions of PIN diode behavior under 
forward-biased conditions, our lab conducted experiments using a high voltage setup to 
confirm that diodes behaved as predicted. Experimental verification was desired before 
this technique was used in transmit coils because the calculated voltage toleration levels 
seemed unreasonably high (greater than hundreds of volts), considering the relatively low 
reverse breakdown voltages of diodes (dependent on the diode, these can range anywhere 
from -60V to -500V or greater). Second, verification that the PIN diodes did not distort 
high-voltage waves in forward-biased conditions was desired.
Nonmagnetic PIN diodes (Macom MA4P7464F-1072T, Macom, Lowell, MA, 
USA) were used for high-voltage experiments. The diodes can handle 50 dBm (100 W)
(168)
continuous wave incident RF power, and have a reverse bias breakdown voltage of -400 
VDC. RF waveforms at 30 MHz were generated with a Wavetek Sweep Generator at 
varying powers between -40 and 10 dBm, which were then amplified by 55 dB using an 
E&I RF Power Amplifier. The amplified RF waveforms then passed through the test 
circuits, which varied between a simple copper wire, unbiased diode, forward-biased 
diodes, unbiased crossed diodes (also known as reverse-diode pairs), and forward-biased 
crossed diodes. After each test circuit, the waveform then passed through a high power 
resistor that acted as a voltage divider to reduce the ~500 V RF waveforms to ~1 V 
before measurement with a Tektronix oscilloscope. The results of this experiment are in 
Table 2, which shows a reduction in circuit heating and stability when a forward-bias 
current is used with high RF power.
Many authors have demonstrated success in the use of serial forward diodes for 
tuning transmit coils when forward-biased (with > 20 mA) and detuning them when 
unbiased (163-167). Diodes with low reverse breakdown voltages and low forward- 
biasing currents provide adequate tuning (and decoupling), even with large RF voltages. 
For comparison, the Siemens body RF coil uses -440 V when tuned (during transmit or 
receive) and 5000 mA when detuned, which is significantly more than 20 -  200 mA for 
tuning/detuning using this method. (These values are listed in the Siemens help manual 
accessible on the scanner.) The serial forward-biased diode method is simple and 
straightforward, doesn’t distort RF waveforms, can tolerate very high voltages, can use 
inexpensive diodes, provides broadband decoupling, and has proven itself as an excellent 
method for decoupling coils. This method is demonstrated and used in two chapters of 
this manuscript.
54
1.4.16 Detuning Transmit Coils
When coils are tuned to a specific frequency, they will strongly interact (couple) 
with other coils tuned to the same frequency. If a receive coil is tuned during transmit 
such that the receive coil is sensitive to the transmit RF, then the coil can suffer from 
diode breakdown permanently detuning the coil, the preamplifiers could be destroyed so 
that they no longer properly amplify, and the transmit field homogeneity could be 
significantly altered, potentially even resulting in overheating. Alternately, if  a transmit 
coil is tuned during receive, then the transmit coil could alter the receive coil’s field 
profile and reduce the coil’s SNR. Coils must be decoupled from other nearby coils to 
maintain their sensitivity and magnetic field profiles. Transmit coils must not become 
detuned from the large RF voltages that it uses during transmit, while still detuning 
during receive.
The most generic method to detune transmit or receive coils is to place an active 
RF trap using a capacitor on the coil, which consists of a diode and inductor parallel to 
the capacitor. When the diode is activated (“on”) with a forward current, the diode 
becomes a low resistance device. At low resistance, the inductor and capacitor will 
resonate with each other, creating a high resistance at their resonant frequency. When the 
diode is reverse biased or unbiased (“off”), the diode is a high resistance device. The 
diode’s high resistance will be parallel to the capacitor, so that neither the capacitor nor 
coil will be affected by diode and inductor. This method has been used with great 
success in both transmit and receive coils for years. The biggest limitation of this 
decoupling method is that it can be expensive to implement and can limit the number of 
transmit channels available. Each channel requires a large negative voltage source to 
prevent the diodes from activating during transmit.
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The method employed in the transmit coils in this dissertation is serial diodes that 
tune/detune the transmit coils when appropriate with small DC bias (+100 mA). A 
forward-biased diode can tolerate kilowatts of RF energy, and remain at low resistance, 
as discussed in Section 1.4.15.
An unbiased or negatively biased diode has a maximum negative voltage limit 
where the diode will break down. Although a forward-biased diode is very effective at 
keeping an RF coil tuned during transmit, a significant weakness is that there may be 
times when the diode is not appropriately biased, which can cause the diode to burn out. 
A diode may not be appropriately biased due to mechanical failure, improper 
programming, or operator error. To alleviate this concern, a second diode can provide 
protection against high RF voltages by placing the second diode antiparallel to the first. 
Unfortunately, an antiparallel diode can cause a secondary problem: our scanner supplies 
both a forward and a negative voltage to tune/detune our coils. The negative voltage will 
activate the antiparallel diode so that one of the diodes on the circuit will always be 
active. A single diode in the DC bias path can be used to remove the negative portion of 
the DC bias, thus preventing the antiparallel diode from activating.
Serial diodes can also be used in receive coil decoupling, but the diodes will 
introduce resistance to the coil that can reduce the coil’s efficiency. The diode will have 
a low resistance when compared to a coil at high frequency and a higher resistance with a 
coil at low frequency.
1.4.17 Coaxial Cables
Coaxial cables are used to connect coils to the preamplifiers, the preamplifiers to 
the scanner, for impedance transformation, and for hybrid splitters. This section is
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included because of the effect of coaxial cables on RF coils.
Coaxial cables are designed for RF transmission, so that they have a specific 
resistance, inductance, and capacitance per unit length (168). Care must be used in 
selecting the cable, because many cables of the same type (e.g. RG-58) can be magnetic, 
which can cause artifacts during imaging. Our lab uses either RG-316 or RG-58 cable, 
which both have a characteristic impedance of 50 Q. RG-316 is more common in our lab 
due to its smaller diameter.
The prevalence of 50 Q cables has defined much of the current MRI RF 
technology: RF coils are matched to 50 Q impedance in order to reduce signal losses 
between the coils and cables; the receive coil preamplifiers used in our lab have the 
lowest noise figure when the coils are matched to 50 Q (18).
The velocity factor (169) for RG-316 is 0.695, which means that the full 
wavelength of the 123 MHz proton signal within the cable is 1.69 m, and the quarter- 
wavelength is 42 cm.
A coil will have its resonance changed if an arbitrary length of cable is added to 
it. A quarter-wavelength cable that is shorted (e.g., when one end has a wire connection 
between the central conductor and shield) will have infinite impedance at the opposite 
end of the cable and not affect the circuit (154); a half-wavelength cable with a shorted 
end will look similar to a shorted connection at the resonant circuit.
Quarter-wave transformers can provide matching between two separate 
impedances (154), with a quarter-wavelength of cable, through the following relation:
7  7—  — — , (1.69)70 Z2 V '
where Z0 is the quarter-wave transformer between an impedance of Z 1 and Z2.
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1.5 Nonproton MRI
Common nuclei studied for clinical purposes with MRI or magnetic resonance 
spectroscopy (MRS) are shown in Table 3. The most common atomic nucleus used in 
MRI is hydrogen (1H) (53), which consists of a single proton, has spin 1/2, and has a
23natural abundance of 99.99% (170). Sodium ( Na), a spin 3/2 atomic nucleus (171), is 
attractive for clinical MRI applications because it is the second most abundant atomic 
nucleus, by count, in the human body with nonzero spin, and it has a strong correlation
31with cellular metabolism and physiology (172). Phosphorous ( P) is important in the 
ATP-ADP cycle and in phospholipid metabolism (173). Flourine (19F), which has spin 
1/2, resonates near proton frequency (y19F = 40.1 MHz/T), and while it has negligible 
endogenous concentrations, 19F may have clinical usefulness when perfluorination is 
used, which is the process by which 1H nuclei are replaced with 19F nuclei in C-H bonds 
(174).
Every stable nonproton nucleus has a lower gyromagnetic ratio than proton, 
which has the minimum mass of any nuclei (a single proton), and the gyromagnetic ratio 
is inversely proportional to mass (60). The low gyromagnetic ratio reduces the SNR 
further from a very simple consideration that SNR K M0 K y (see Equation (1.14)).
Further consideration of the received electromotive force (EMF) from any RF coil is
1/2proportional to frequency (29), so that signal from EMF K ro and noise from EMF K ro' ,
1/2resulting in an overall SNR dependency of SNR K ro . Since ro k  y (see Section 1.2.2),
1/2SNR is proportional to y from EMF considerations alone. These two
5/2considerations resu lt in an overall SNR dependency on gyrom agnetic ratio of y .
Quadrupolar nuclei have much lower decay rates than proton due to their
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increased interactions with electric fields (65), such as sodium that has T1 decay rates 
near 30 ms (175), and can have biexponential relaxation rates in solids, which are 
predicted in (65).
Lower in vivo concentrations, reduced gyromagnetic ratio, and reduced decay 
rates in quadrupolar nuclei all reduce the available SNR in nonproton imaging. The 
reduced SNR of nonproton MRI is perhaps the largest hurdle to nonproton imaging, 
making it currently unfeasible for clinical imaging due to the increased scan time 
requirements to obtain higher, but still poor, SNR.
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1.5.1 Electric Quadrupolar Hamiltonian 
Every nucleus that has spin > 1/2, such as sodium (spin = 3/2), has a nonuniform 
distribution of charge within its nucleus that interacts with nearby electric fields. The 
electric quadrupolar Hamiltonian, Hq, can be defined simply (190) as
Hq = -  6  eQVE, (1.70)
where eQ is the magnitude o f charge deformation and VE is the electric field gradient. 
The magnitude o f charge deformation, eQ, is defined as
eQ = L  Pr2(3 cos2 0-1)dV , (1.71)
where e is the charge o f a proton, p  is charge density, r is the distance from the center of 
the nucleus, and 0 is the angle to the charge density element. The elements o f the electric 
field gradient, V E, are defined as
d2VVE, = - - ^ —  = -V , , (1.72)1 dx dx‘ 1
where V is the electrostatic potential and xt indicates the x, y, or z direction. A more
useful definition of the electric quadrupolar Hamiltonian that considers the above is (190)
e2qQ
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H0 =0 4I (2I -1 ) 312 - 1 (I + 1) + ? ( I 2 + 12) (1.73)
K  -  vwhere n is considered the asymmetry parameter, t  = y
1.5.2 Sodium Imaging
23Sodium ( Na) imaging is more challenging than proton imaging due to its much 
lower in vivo concentration, short decay times, lower gyromagnetic ratio, lack of 
hardware, and biexponential decay (177). In vivo sodium concentrations are between 10 
and 150mM, where hydrogen concentrations are near 50M. The long T2* sodium 
relaxation time, between 10-50 ms depending on the tissue, is much shorter than the T2* 
relaxation times of hydrogen that can be around 250ms. The lower gyromagnetic ratio of
5/2sodium, being a quarter of hydrogen’s, results in 4 = 32 times lower SNR (see Section 
1.5). Sodium imaging requires specialized hardware, due to its infrequent use in both 
clinical and research settings, as there are still relatively few centers studying its clinical 
effectiveness.
Despite these challenges, sodium has a large enough concentration in certain 
tissues and diseases that make it an interesting and favorable candidate for imaging. In 
addition, the frequency of sodium (32 MHz at 3 T) when compared to proton (123 MHz 
at 3 T) allows it to be imaged simultaneously with proton, which can improve its viability 
and usefulness. Sodium imaging has been studied for the evaluation of tumors (178,179), 
cartilage (180-183), kidneys (184,185), stroke (186), and multiple sclerosis (187).
Sodium, like all spin 3/2 nuclei, has a biexponential relaxation that arises from
quadrupolar splitting between the four nuclear states (+3/2, +1/2, -1/2, -3/2) (188,189). 
Spectroscopy studies show three spectral lines for sodium: a large central line due to the 
transitions between +1/2 and -1/2, two smaller lines due to transitions between the +3/2 
and +1/2 states, and the -3/2 and -1/2 states.
Sodium in complex environments, such as the intracellular space of tissue, 
exhibits a larger biexponential effect (Figure 29), while less complex environments, such 
as purely aqueous solutions and extracellular space, do not demonstrate biexponential 
decay. The biexponential decay is largely a result of the intracellular and macromolecule 
electrostatic field gradients interacting with the quadrupolar sodium (63,188).
The values of the short and long components of sodium T2* are related to 
physiological changes in sodium concentration, both in the intracellular and extracellular 
space. This phenomenon is noted in the changes of different types of brain edemas that 
cause the expansion of either the extracellular or intracellular space, dependent on the 
type of edema (188). Besides sodium T2* changes, sodium concentration can also point 
to physiological changes, since intracellular sodium increases three to four times in 
malignant cells (188). Figure 30 shows sodium and proton images of a mouse that has 
cancer, obtained on a 3 T clinical scanner.
1.5.3 Sodium and Proton Loop Coupling 
Unlike separate loops of the same frequency, sodium and proton loops have very 
different frequencies at 3 T (32.596 MHz and 123.23 MHz on our scanner, respectively). 
A tuned sodium loop will have 14 times the capacitance of a similarly sized proton loop 
as a result of the changed frequency (see Section 1.4.3). The much higher capacitance of 
a sodium loop results in a circuit that appears very similar to a solid conducting copper
61
loop to the proton loop, resulting in shielding of the proton signal (191).
Measurements shown in Figure 33, of an overlapping 70cm proton and sodium 
loop, were done to evaluate the effects of frequency shift, Q-value change, and shielding. 
Measurements were taken at varying center-to-center loop distances. The frequency shift 
was measured from the return loss (S11) of a magnetic probe. The Q-values were 
measured by maintaining the same distance between the coils, phantom, and magnetic 
probe. The insertion loss (S21) was measured with the magnetic probe placed above the 
sodium loop, which was above the proton loop, when measuring at proton frequency, to 
more accurately show the effects of shielding; the proton and sodium loop positions were 
interchanged when measuring at sodium frequency. The S21 change (Figure 33C) 
suggests that the sodium loop shields the proton loop significantly. A similar experiment 
(but not shown), repeated with a solid conducting wire, showed similar but less dramatic 
changes in frequency, Q, and S21.
The capacitors and Q-values of the 70 mm diameter proton and sodium loops 
were measured, and the resistances were calculated according to Equation (1.58). The 
measured / calculated values were used in a QUCS circuit simulation (Figure 32). The 
simulation varied the coupling coefficient, k, which is proportional to mutual inductance, 
by 0.1 from 0 to one.
Figure 33 shows results of the simulation. The hydrogen coil is dramatically 
affected by the sodium coil, tripling its frequency with very maximum mutual inductance. 
The sodium coil, on the other hand, is barely affected by the proton coil, although there 
are minor effects.
A sodium and proton coil can be decoupled from each other by similar methods to 
decoupling two proton coils: they can be separated or overlapped to minimize their
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mutual inductance, which is the same overlap required from decoupling two proton coils. 
A technique used in this dissertation is to intersect the sodium coil with proton coils, so 
that the mutual inductance is merely reduced. This intersection considers that the 
volume-of-interest is typically the same for both coils and that they do not interact as 
strongly as two coils of the same frequency.
Many techniques exist to create dual-tuned sodium / proton coils, including 
multiple end rings (192) (Figure 34A,B); two separate coils (155,193,194) (Figure 34C); 
butterfly coils (195,196) (Figure 34D); decoupling traps that resonate at hydrogen’s 
frequency on the sodium coil and resonate at sodium’s frequency on the hydrogen coil 
(197-201) (Figure 34E); transformer-coupling (202); band filters (203); alternating 
birdcage rungs (204) or rings (205); shield inserts (206); and diodes (207) (Figure 34F).
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Figure 1. Magnetic moments with and without a magnetic field. Images depicting the 
magnetic moments, nz and p.x, in two directions of individual spins at different x and z 
locations. (A) When there is zero magnetic field, the spins will have a randomly- 
oriented magnetic moment. (B) At strong magnetic fields, such as at 3 T, individual 
spins will tend to align or antialign with the magnetic field. This image is useful for 
illustrative purposes only, as the spins will be in a superposition of different states and 
this does not incorporate temperature dependencies.
Figure 2. Magnetization before and after a flip angle. Two-dimensional magnetization 
vectors at different positions in an image at (A) equilibrium in a static magnetic field and 
(B) after the spins are flipped about the y-axis by 30°. An individual spin at (C) 
equilibrium and (D) after the spin is flipped about the y-axis by 30°. The horizontal 
arrow in (D) indicates the magnitude of the transverse magnetization (Mxy, which equals 
Mx at this point in time), which is the signal giving portion of the magnetization. The 
vertical arrow in (D) indicates the longitudinal magnetization (Mz), which does not yield 
any signal.
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Figure 3. Magnetization phase changes due to a magnetic gradient. (A-C) Magnetization 
vectors that demonstrate phase changes at different positions and times when a (D-F) 
static magnetic field gradient has been applied across the image. (G) The pulse sequence 
diagram shows a constant gradient (Gx = dBz/dx) at times t1, t2, and t3.
Figure 4. Image space and k-space. (A) Magnitude and (B) phase image of a spherical 
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Figure 5. A one-dimensional Fourier transform. This figure shows a one-dimensional 
example of acquiring data of an image that consists of four delta functions (equal to 1, 2 , 
2, 1, respectively). (A) Initially, the phase throughout the image is equal (and zero). The 
received signal is the summation of the magnitudes/phases from each point, which in this 
case = 6 . (B) With the application of a magnetic gradient field, the spins precess at 
slightly different frequencies so that after some time period, the summed signal from each 
point in this example will be equal to -1-i. (C-D) With further application of magnetic 
gradient fields, the phases will eventually be equal to 0, and -1+i. The inverse Fourier 
transform of (6 , -1-i, 0 , -1+i) is equal to the initial magnitude data, (1, 2 , 2 , 1).
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Figure 6 . Magnetization decay after flip angles. (A) Longitudinal and (B) transversal 
magnetization of a GRE sequence with complete initial polarization, simulated with scan 
parameters of TR = 100 ms, T1 = 400 ms, T2 = 200 ms, flip angle = 30°. Flipping the 
spins / magnetization increases the signal, after which the signal decays until the next flip 
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Figure 7. A 2D GRE sequence. A 2D GRE pulse sequence for the first two repetitions, 
showing the gradient strengths (Gx, Gy, Gz), data acquisition (ADC), and RF pulses (1H- 
RF). A 2D GRE will have a slice select gradient (Gss-1H) that occurs during the RF pulse, 
exciting only spins within the slice. A phase encode gradient (Gpe) changes the y- 
position in k-space by homogeneously varying the phase of all the spins in the slice. 
Following the Gpe, a readout gradient occurs (Gro) that reads a single line of k-space for 
x-positions. A spoiler gradient (Gsp) then makes all of the spins dephase so that they do 
not contribute to the signal in the next repetition. The repetition time (TR) between two 
RF pulses and echo time (TE) between the RF pulse and readout are indicated on the 
figure.
Figure 8 . The 3D cones and radial acquisition trajectories. (A) 3D cones and (B) radial 
acquisition trajectories. The full k-space trajectories include more (A) cones or (B) 
spokes. These are two non-Cartesian trajectories that enable short T2* imaging.
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Figure 9. Breast images after a 3-point Dixon. (A) Fat / adipose tissue and (B) water 
images of a normal human breast. These images were created from three GRE scans at 
different TEs and reconstructed using the 3-point Dixon method.
Figure 10. Phase images before and after phase unwrapping. (A) Wrapped and (B) 
unwrapped phase difference maps between two echo times of a homogeneous, cylindrical 
phantom with a paperclip positioned on one side. (A) A wrapped map is limited to a 2n 
range. (B) An unwrapped phase difference map is directly proportional to AB0.
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Figure 11. Solenoid magnetic field simulations. (A) Picture of a solenoid used for 
magnetic field Biot-Savart Law simulation. The static Bo field in MRI is created by 
superconducting coils based off o f the solenoid design. The static (B) Bz, (C) Bx, and (D) 
By fields through the central coronal slice o f the solenoid calculated through a Biot- 
Savart Law simulation. The color corresponds to the strength o f each magnetic field 
component in space. The Bx field near the edge o f the solenoid is larger than in the 
center because it does not have the same field cancellation from other loops.
Figure 12. Demonstration o f k-space spikes. The bright points on the edges o f this k- 
space image could be the result o f gradient cables that are not sufficiently tightened (123) 
resulting o f electric arcing that is detected by the RF receive coils. In our experiments, 
tightening the gradient cables and implementing RF shielding was effective in removing 
the k-space spikes.
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Figure 13. The standard LC circuit. This circuit is the basic component to a resonant coil 
and to high impedance traps. This circuit has infinite impedance when the inductor and 
capacitor resonate.
Figure 14. The Smith chart normalized to 1 Q as the characteristic impedance. Smith 
charts used in RF coils are typically normalized to 50 Q, which will be the impedance 
value at the center of the chart. The horizontal line indicates the real impedance line 
(also known as the resistance line), where there are no reactive components. The circles 
indicate constant real impedance. The non-circle but curved lines indicate constant 
imaginary impedance (also known as reactance). If a point lies above the real line, it is 













Figure 15. A Quite Universal Circuit Simulator (QUCS) simulation of a coil. 
(A) Schematic of the QUCS circuit. (B) A plot showing the reflective power at different 
frequencies. At 123 MHz, the magnitude of reflective power is >40 dB, showing that the 
resonator absorbs nearly all of the incident power. (C) A Smith chart showing that at 
123 MHz the coil is both tuned and matched to 50 Q.
Figure 16. The magnetic field of a loop. The magnitude of the magnetic field 
perpendicular to the loop (outlined in black), created from the analytical solution of the 
magnetic field of a loop.
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Figure 17. The basic receive coil. The center of a coaxial cable connects to a match 
inductor (Lm), which then is connected to a match capacitor (Cm) and tune capacitors 
(Ct). The diode connected to Lm and Cm is activated during transmit with a forward-bias 
current, causing Lm and Cm to resonate and detune the coil. The diodes connected to Ld 
and Ct activate only if  the sufficient signal occurs, causing Ld and Ct to resonate and 
detuning the coil. The diodes have a high impedance during receive so they do not affect 
the coil significantly.
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Figure 18. Unmatched, untuned, and tuned Smith charts. Three different Smith charts 
show coils that: (A) need more match capacitance, which will shrink the circle of 
impedance frequencies; (B) need more tune capacitance, which will rotate the frequency 
around the circle and very slightly increase the circle’s area; and, (C) require no changes, 
as it is a tuned and matched coil. However, in (C) a slightly larger match inductor is 
ideal, because it will rotate the frequency circle slightly so that the intersection of the 
high and low frequencies’ impedance (marked by the red arrow) is at zero real and 
imaginary impedance, which experimental evidence suggests will slightly improve 
preamplifier decoupling.
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Figure 20. A noise source and preamplifier. (A) Schematic showing the flow of 
hardware connections to obtain a noise figure measurement. (B) Noise figure meter 
connected to a preamplifier.
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Figure 21. A coil preamplifier circuit schematic. The preamplifier circuit for the proton 
preamps used in this dissertation. P1 (the first connection on the left) is port 1 where the 
coil connects. The voltages listed in red were measured on a working preamp.
B
Figure 22. A shielded birdcage coil with endcap. (A) The front, (B) shield, and (C) 
endcap of a high-pass birdcage coil. The shield and endcap have copper strips that are 
separated by ~ 1mm gaps, with capacitors placed across them, to reduce eddy currents 
from the gradients yet still allow magnetic gradient field penetration and RF shielding.
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Figure 23. Circuit schematic of a birdcage coil. Circuit schematic of a low pass birdcage 
coil, which has capacitors on the birdcage legs/rungs.
Figure 24. A birdcage coil inside an insertable gradient. Shielded birdcage coil inside of 
an insertable gradient, pictured inside of the clinical magnet.
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Figure 25. SNR comparisons of a shielded birdcage coil. Different SNR comparisons of 
the birdcage of Figure 22 when: completely inside the insertable gradient of Figure 24; 
half inside the insertable gradient; and, completely external to the insertable gradient. 
The birdcage was compared to a Siemens TxRx birdcage coil.
A B
Figure 26. A large birdcage coil and insertable gradient. An (A) insertable gradient 
system with a shielded birdcage RF coil inside. (B) A shielded birdcage coil with end 
cap. This insertable gradient and birdcage had larger inner diameters than the system 
pictured in Figure 24.
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Figure 27. The effects of a PIN diode. An RF wave that passes through a PIN diode that 
is biased with a low positive DC current will have little to no distortion.
Figure 28. SNR experiments using a serial PIN diode. An experiment showing the SNR 
obtained with two different coils, (A,C) one without a diode and (B,D) one with a diode 
inserted serially, resulted in similar (C-D) SNR maps. The voltage necessary for a 90° 
flip angle was slightly higher with the diode.
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Figure 29. Biexponential sodium decay. Biexponential T2* decay curve for sodium, 
obtained from the signal-yielding region of a breast. The individual voxel signals are in 
circles, the average of the signals are shown with a big X, and the fit is shown with a line.
w
Figure 30. Sodium and proton images of a mouse. (A) Sodium and (B) proton image of a 
mouse, obtained on the 3 T MRI scanner. The bright areas on the sodium image indicate 
the tumor in the rodent.
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Figure 31. The changes in coil properties in dual-nuclear conditions. Measurements (A) 
frequency shift, (B) Q-values, and (C) S21 shielding for different in-plane center-to- 
center coil distances for a 65 mm diameter proton (red, dashed) and sodium (blue, solid) 
loop that overlap each other. The proton loop is strongly affected by the presence of the 
sodium loop, while the sodium loop has minor, if any changes, due to the presence of the 
proton loop.
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Figure 32. QUCS circuit simulation of two coupled loops. QUCS circuit simulation of a 
sodium (right loop) and proton (left loop) coil. The resistances and inductances were 
calculated from the measured resonant frequency, capacitance and Q values of 65 mm 
diameter loops.
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Figure 33. QUCS circuit simulation results of two coupled dual-nuclear loops. The 
results of a QUCS circuit simulation of a coupled sodium and proton coil, using 
measured capacitance, inductance, and resistance, and with the coupling coefficient, k, 
varied between 0 and 1 by 0.1. The (A) hydrogen coil frequency drastically increases 
with increasing coupling to the sodium coil, while the (B) sodium loop has a minor 
frequency shift downwards. The (B) sodium coil is still affected by the (A) hydrogen 




Figure 34. Dual-tuned sodium proton coils. (A,B) The central birdcage is tuned to 
sodium and the entire structure is tuned to proton. (C) The central birdcage is tuned to 
sodium, and the external birdcage is tuned to proton. (D) The central loop and one 
butterfly coil are tuned to sodium, and a proton butterfly intersects the sodium coils. (E) 
Decoupling traps are used so that the proton and sodium loop coupling is reduced. (F) A 
composite sodium / proton array that interleaves sodium and proton coils and uses diodes 
for additional decoupling.
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Table 1. Capacitance values required to tune a 7.5cm diameter coil at different 
frequencies. The unloaded and loaded Q-values were measured, and the inductances, coil 
resistances, and sample resistances were calculated.
f  (MHz) C (pF) L (nH) roL Qu Ql Ratio Rcoil R sample
27.85 188.9 172.9 30.3 150 101 1.49 0.21 0.10
43.77 76.4 173.1 47.6 200 130 1.54 0.24 0.13
82.8 20.2 182.9 95 180 69 2.61 0.53 0.85
118.3 9.4 192.5 143 170 38 4.57 0.84 2.92
Table 2. Results of inputting a 30 MHz RF voltage (~500 V) for 20 minutes into various 
circuits with and without DC bias. An unbiased diode became permanently shorted and 
excessively hot (enough to burn a finger) after only a minute. By forward-biasing a diode 
or crossed-diode pair, the temperature that the circuit increased was nearly the same as 
that of a copper wire.




Copper Wire N/A 1-2 Normal
Diode 0 >20 Permanently Shorted
Diode 100 1-2 Normal
Crossed Diode 0 10 Normal
Crossed Diode 100 1-2 Normal
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Table 3. Common nuclear species and their gyromagnetic ratio, natural abundance, 
abundance within the human body by mass, and spin. The abundance in the body is only 






Body by Mass (%)
Spin
1H 42.576 99.9885 9.5 1/2
3He 32.434 0.000137 - 1/2
7Li 16.546 92.41 - 3/2
13C 10.705 1.07 0.198 1/2
15n -4.316 0.368 0.012 1/2
17O 5.772 0.038 0.025 5/2
19F 40.052 100 - 1/2
23Na 11.262 100 0.2 3/2
27Al 11.103 100 - 5/231p 17.235 100 1.0 1/2
35Cl 4.176 75.77 0.0015 3/2
39k 1.989 93.258 0.373 3/2
57Fe 1.382 2.2 - 1/2
63Cu 11.319 69.17 - 3/2
6/Zn 2.669 4.1 - 5/2
129Xe 11.777 26.4 - 1/2
CHAPTER 2
HIGH RESOLUTION IN VIVO GUINEA PIG COCHLEA IMAGING ON A 
3 T CLINICAL MAGNET WITH INSERTABLE GRADIENT AND 
RF COIL TECHNOLOGY
This chapter has identical content to a submitted paper titled, “High Resolution In 
Vivo Guinea P ig Cochlea Imaging on a 3 T Clinical Magnet with Insertable Gradient 
and RF Coil Technology, ” authored by Joshua D. Kaggie, K. Craig Goodrich, Seong-Eun 
Kim, Michael J. Beck, Dennis L. Parker, Robb Merrill, Travis A. Abele, Richard 
Wiggins, Gretchen M. Oakley, and J. Rock Hadley. The paper was accepted in the 




The purpose of this work was to develop and evaluate a system consisting of an 
insertable gradient, RF coils, and animal positioning hardware to enable imaging of the 
internal structure of the cochlea and other inner ear structures of a guinea pig model at
3 T.
2.1.2 Methods
Transmit and receive RF coils, and an animal positioning system, were developed 
and integrated with an insertable gradient and animal monitoring system for improved 
guinea pig cochlea imaging when compared to a standard clinical 3 T MRI system. A 
resolution phantom with 120 p,m line separations was used to assess the contrast 
improvements with the insertable gradient. A homogeneous phantom was used to assess 
the SNR and homogeneity of the RF coils. FLASH imaging was used to observe the 
temporal passage of gadolinium contrast through the guinea pig cochlea.
2.1.3 Results
The insertable gradient enabled increased resolution imaging with nearly twice 
the contrast-to-noise ratio. The small animal array had better SNR for imaging the 
guinea pig cochlea (about 14 mm deep) than the commercial Siemens wrist coil (2.2x) 
and the small birdcage coil (1.6x). The positioning device kept the animal secure and 
stationary. Injected gadolinium contrast allowed visualization of the internal cochlear 
structures with FLASH image acquisition, which achieved 100p,m isotropic resolution 
images in 33 minutes.
2.1.4 Conclusion
The specialized RF coils and animal holding equipment designed to operate 
within the composite gradient enabled higher resolution images than could be obtained 




The development of high resolution MRI techniques for small animal models can 
be used to assess shared pathologies between humans and guinea pigs. As an example of 
a similar anatomical system, both human and guinea pig cochlea have three tiny fluid 
filled chambers. The basilar membrane and Reissner’s membrane, which separate the 
three chambers, are indicators of the health of the inner ear (208,209). By obtaining 
higher resolution MR images of the cochlear chambers, better assessment of these inner 
ear structures can be obtained, allowing for more focused treatment of hearing loss and 
more accurate diagnosis of inner diseases such as vestibular schwannoma, cochlear 
malformation, labyrinthine ossificans, and possibly endolymphatic hydrops (208,209).
Both ex vivo and in vivo MRI studies of the cochlea have achieved high spatial 
and temporal resolution. In excised human (210) and animal (211,212) inner ear 
cadaveric samples, voxel resolutions of 32x43x49 p,m, 25x25x250 p,m, 58x58x300 p,m 
have been achieved at 9.4 T, 7 T, and 4.7 T, respectively. The highest reported resolution 
for in vivo human cochlear imaging is nearly 300 p,m isotropic at 3 T (213). In vivo 2D 
images of a guinea pig have been obtained at 4.7 T, using a 200mT/m gradient system 
and semicircular coil, at 117x117x500 p,m resolution (214). The highest resolution 
reported for imaging the inner ear of a live animal is 78p,m isotropic images of a mouse at 
4.7T using the RARE sequence, 2 averages, with a 300mT/m gradient, 80p,s rise time, 
and a linear 38mm diameter birdcage coil in 34 minutes (215). The limitations in spatial 
and temporal resolution occur because of limits in magnetic field strength, magnetic 
gradient strength, and RF coil sensitivities.
Gadolinium enhancement has been a primary tool for improving inner ear 
imaging both in cadaveric samples (210,216) and in vivo human studies (209,217). The
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cadaveric studies have achieved direct visualization of the vestibular (Reissner’s) 
membrane, the thin partition separating the perilymph containing scala vestibule, and 
endolymph containing scala media (210,216). Other internal structures of the cochlea, 
including the basilar membrane (which divides the scala tympani from the scala media 
and vestibuli) and modiolus, have been resolved in vivo on clinical 3 T MR scanners 
(209,217).
Typical clinical gradient systems have gradient strengths of 40 mT/m and slew 
rates up to 200 T/m/s, while dedicated state-of-the-art small rodent systems can have 
gradient strengths up to 1000 mT/m and slew rates up to 5000 T/m/s (218). Most clinical 
MRI scanners have self-imposed gradient performance limits conforming to the U.S. 
Food and Drug Administration (219) and the International Electrotechnical Commission 
guidelines (220), to avoid peripheral nerve stimulation during a human MRI study. 
Gradient field strengths and slew rates can be increased without inducing additional 
peripheral nerve stimulation when the gradient’s imaging volume is decreased (121,221). 
Better gradient performance enables higher resolution imaging by reducing the readout 
duration, which can reduce susceptibility artifacts, reduce T2* blurring, and enable 
shorter echo planar imaging scan times. In collaboration with industry, our institution 
has developed a novel MRI composite gradient system that simultaneously uses both the 
whole body and a local insertable gradient (120,121). This system increases gradient 
amplitude, slew rate, and achievable spatial resolution while maintaining acceptable SNR 
and a clinically relevant scan time on a clinical MRI scanner (120,121).
Several different types of radiofrequency (RF) coils are possible for small animal 
imaging. Despite the lower field strengths and limited gradient performance of clinical 
scanners, small animal MRI coils and setups for clinical systems have been widely
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investigated (218,222,223). Surface coils are simple to implement and have been used in 
many small animal studies (223), but the nonuniform sensitivity can result in signal 
nonuniformities, especially when the coil is used for both transmit (Tx) and receive (Rx). 
Volume coils can achieve greater signal uniformity than surface coils. A solenoid coil can 
achieve the highest signal uniformity, but is most sensitive with its axis aligned 
perpendicular to the main B0 magnetic field. Use of solenoid coils requires a scanner 
bore with a diameter large enough to accommodate the length of the rodent, which 
significantly limits the use of solenoid coils in small bore systems. Other common 
homogeneous coil configurations are the birdcage (140), Helmholtz (140), and saddle 
coils (140), which allow the coil and the rodent to be aligned with the field of the magnet. 
Birdcage coils are more homogeneous and efficient than Helmholtz and saddle coils 
(140). However, the animal geometry may require that birdcage and other volume coils 
be much larger in diameter than the image volume of interest. For example, the optimal 
coil position and diameter that accommodates the head and allows for imaging the inner 
ear of a rodent can be compromised by the coil diameter required to accommodate the 
shoulders and body of the rodent. In vivo visualization of the small features of the 
cochlea requires high spatial resolution and long imaging times, which can be reduced 
when the coil is designed specifically for cochlear imaging. For some rodent imaging 
applications, a small phased array will often have higher SNR within the radius of the 
loops (147) than a small volume coil that surrounds the same imaging volume, as 
demonstrated in 3 T mouse imaging (224). Commercial receive arrays exist for full-body 
rat and mouse MRI (218), while commercial volume coils are typical for larger rodents, 
such as large rats or guinea pigs.
The purpose of this work was to develop a system for high resolution imaging of
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a live guinea pig cochlea on a 3 T clinical scanner, by developing and integrating RF 
coils for the composite gradient system, integrated with an animal support system for 
animal positioning, monitoring and anesthesia. The SNR and homogeneity of the RF 
coils were evaluated with a homogeneous phantom, and the gradient system was 
evaluated with a resolution phantom. This work also demonstrates novel techniques for 
improving the robustness of the coils and circuits used for transmit and receive. The high 
isotropic spatial resolution (100 p,m) achieved of the live guinea pig cochlea demonstrates 
that this system can be used, in conjunction with gadolinium contrast injection, to study 
the chambers of the cochlea.
2.3 Methods
To achieve high resolution on a live rodent, components of our standard clinical 
MRI system were augmented with an insertable gradient system (120), a local volume 
transmit-only RF coil, a dedicated rodent receive RF coil array, and an animal positioning 
device (see Figure 35 and Figure 36A). System quality was assessed using imaging 
studies on phantoms and a live guinea pig.
2.3.1 Gradient System 
The gradient coils used in this work consisted of either the standard whole body 
gradients of the scanner or the standard whole body gradients combined simultaneously 
with a small insertable gradient for composite gradient mode imaging (120). The body 
gradient system was controlled using the standard Siemens host computer, gradient 
control lines, and gradient amplifiers. The insertable gradient was controlled by a 
separate computer, control lines, and an additional set of gradient amplifiers. Each
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gradient system was set at 40 mT/m field strength with a slew rate of 200 T/m/s. Pulse 
sequences were modified to control each individual gradient waveform independently on 
the two separate gradient systems. The sequences for each gradient system were set to 
have identical gradient waveforms and timing, with the insertable gradient waveform 
amplitude controlled by modifications to the gradient sensitivity tables. Composite mode 
imaging doubled the maximum gradient strength and slew rate over that of the body 
gradients used alone, thereby reducing the echo time, echo spacing, and repetition time 
while maintaining high spatial resolution (121). The composite gradient system had a 
total gradient field strength of 80 mT/m with a slew rate of 400 T/m/s.
The inner diameter of the insertable gradient was 15.2cm, and the outer diameter 
was 32.4 cm. The imaging region was 17 cm in length, along the magnet bore. The 
insertable gradient strength was limited to 40 mT/m field strength, as the gradient was not 
vacuum potted and consisted of 14 gauge wire, making it sensitive to large currents and 
mechanical damage. While the insertable gradient could have been used without the 
body gradients, the imaging results would have been similar to using the body gradients 
alone (121). The insertable gradient did not have any shimming capabilities and relied on 
the clinical scanner’s shim gradients. B0-field shimming was performed with the 
insertable gradient in place, so that experiments with the body gradients alone and in 
composite mode had the same shim parameters.
2.3.2 RF Shielding
RF shielding was placed along the inner diameter (150 mm) of the insertable 
gradient set to remove RF coupling between the insertable gradient and RF coils (Figure 
36B). The RF shielding also removed signal from water in the insertable gradient
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cooling system, so that a smaller field-of-view (FOV) could be used without the cooling 
liquids aliasing into the images.
The RF shield consisted of 260 mm long, rectangular copper strips oriented along 
the longitudinal direction of the bore. The copper strips were 31 mm wide with a 1 mm 
gap between adjacent strips. A similar set of copper strips was placed on the opposite 
side of the kapton substrate, and offset from the first set by half the copper strip width. 
The capacitance measured between the copper strips inside and outside of the shield was 
740pF, which provided low impedance at the RF frequency of 123 MHz and high 
impedance at the gradient frequencies of ~20 kHz. The change in isolation, with and 
without the shield in place, was 20 dB, measured between a tuned, centered, 27mm 
diameter surface coil and a similarly sized test probe (29) placed on the opposite side of 
the shield. The isolation change (20 dB) was similar to that of a solid copper cylinder of 
the same length and diameter. The gaps in the shield were used to reduce induced 
gradient eddy currents, which could result in gradient field distortions.
2.3.3 RF Coils for SNR Comparisons 
This work compared three RF coils to ensure that the system developed used the 
best available coil for high SNR visualization of the rodent inner ear. The three coils 
used for this comparison were: 1) a commercially available Siemens Tx/Rx wrist coil 
(Figure 37A) (Alpha III Tx/Rx Wrist Coil, USA Instruments Inc, Aurora, Ohio, USA), 2) 
a small Tx/Rx birdcage coil (Figure 37B), and 3) a custom 4-channel Rx phased array 
(4chPA) and corresponding local Tx-only birdcage coil. The wrist coil was selected for a 
baseline commercial coil comparison. The SNR tests were done without the animal 
monitoring equipment or insertable gradient, as the wrist coil would not fit inside the
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insertable gradient bore. The small birdcage was selected for this comparison because it 
was more sensitive than the Siemens wrist coil and still large enough to provide 
homogeneous sensitivity around the cochlea. The custom 4-channel Rx phased array and 
local Tx-only coil were designed to be sensitive specifically to the cochlear region of the 
rodent.
2.3.3.1 Small Tx/Rx Birdcage
An 8-rung small diameter birdcage Tx/Rx coil was constructed for SNR 
comparisons with the 4chPA. The rings and rungs had a width of 10mm and 5mm, 
respectively. The birdcage was 75 mm long and had a diameter of 64mm, with an acrylic 
cylinder wall thickness of 3 mm. The diameter was chosen so that it could accommodate 
the entire rodent head and shoulder region with maximal filling factor. A smaller ~40 
mm diameter birdcage could have been implemented to fit over the guinea pig head, but 
it would not have fit over the guinea pig shoulders, excluding the inner ear anatomy from 
the sensitive central region of the coil. In such a coil, the inner ear images would be 
acquired near the end ring of the birdcage, resulting in image inhomogeneity, lower SNR, 
and increased RF power requirements to obtain 90° flip angle near the end ring and thus 
higher specific absorption rate at the center of the birdcage.
2.3.3.2 4-Channel Array (4chPA)
2.3.3.2.1 4-Channel Rx Phased Array
The 4-channel receive-only phased array coil was designed and constructed so 
that it could fit close to the guinea pig’s head, directly over the inner ear of both sides of 
the head, to maximize SNR for inner ear imaging. The four loops were 27 mm in
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diameter and were mounted on a 160 mL plastic syringe with a 41 mm outer diameter. A 
portion of the plunger end of the syringe was cut away and the coils were mounted on the 
top half of the cylinder allowing the coils to be placed over the ears of rodents of 
different head sizes, as shown in Figure 38. The conical end of the syringe was used to 
connect the anesthesia tubing to the coil housing for delivery of anesthetic. Because the 
small diameter of the overlapping loops reduced the space available for capacitors and 
because fewer capacitors also increased the Q-unloaded to Q-loaded ratio(137), a single 
match and tune capacitor (Figure 39) were used for each loop. The loops had an 
unloaded Q-factor of 270 and loaded Q-factor of 85.
For each receive channel, the matching circuit of the coil loop was attached to a 
24 cm coaxial cable. The cable was connected to an RF trap to reduce common-mode 
currents, followed by a Pi-network phase-shifter to obtain a 180-degree phase shift 
between the coil and preamplifier to achieve preamplifier decoupling (Figure 39). The 
receiver preamplifiers were positioned so that they entered into the insertable gradient 
bore with the coils, to minimize the coaxial cable distance between the coils and 
preamplifiers to reduce unnecessary signal loss.
To ensure the safety of the rodents and electronics, active and passive detuning 
was used and combined into a single circuit by placing a crossed diode pair 
(MA4P7464F-1072T, Macom, Lowell, MA, USA) in series with an inductor that was 
resonant with the tune capacitor when forward biased (Figure 39). The crossed diodes 
operated similar to a single diode, while enabling secondary passive protection of the 
diode electronics in the event of high RF occurring with improper DC biasing, such as 
could occur with mechanical failures(20).
Each loop was connected to an independent DC bias line. The scanner provided
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100 mA / 10 VDC forward bias or -30 VDC reverse bias that controlled the diodes in the 
RF coils and circuits. The forward bias current enabled the diodes to remain at a low 
impedance for very high RF powers (48). To avoid biasing the crossed diodes with the 
negative DC bias, a single diode was added into the bias line so that only positive DC 
current could be supplied to the loops (Db in Figure 39 and Figure 40B).
2.3.3.2.2 Local Transmit-Only Birdcage
To obtain homogeneous transmit flip angles inside the insertable gradient and for 
use with the 4chPA, an 8-rung, low-pass, transmit-only RF birdcage was developed. The 
body RF coil was unusable for imaging inside the insertable gradient due to the gradient 
RF shield and increased RF power requirements necessary to penetrate the gradients, so a 
local transmit-only birdcage coil was used. The rungs and rings were 10 mm and 6 mm 
wide, respectively. The birdcage was 102 mm in diameter and 98 mm long and centered 
over the 4chPA to maximize homogeneity.
The Tx-only birdcage incorporated crossed diodes as a tuning/detuning 
mechanism during Tx/Rx operation, respectively, to decouple the Tx-only birdcage from 
the receive array coils. The crossed diodes were placed in each end ring segment of one 
end ring of the birdcage (Figure 40A). The diodes were forward biased to tune the Tx- 
only birdcage, and unbiased when the coil was detuned. When forward biased, the 
diodes presented a low DC resistance, thereby tuning the coil. When unbiased, the 
diodes on the birdcage end ring detuned the coil and resulted in high decoupling to the 
receive array during receive (>43 dB), allowing the birdcage to have very close proximity 
to the receive array (separated by ~35 mm) without deteriorating the receive array SNR. 
RF chokes ensured that the DC current had a complete path between the DC source and
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ground. Both end rings of the birdcage had 15000 pF capacitors placed across a gap in 
the copper trace (Cb in Figure 40A), to reduce gradient-induced eddy currents on the end 
rings and to ensure that the DC current passed through all of the diodes.
The diodes allowed the Tx-only birdcage to be used in Tx-only, Rx-only, or 
Tx/Rx modes, depending on when the coil was DC biased. All of the SNR and imaging 
studies in this work used the coil in Tx-only mode, while one of the B 1 studies used the 
coil in Tx/Rx mode.
2.3.3.2.3 TR Switch
The TR switch incorporated a hybrid splitter (1J0280-3, Anaren, Inc., East 
Syracuse, NY, USA), circuitry to ensure 50 Q connections to all hybrid ports during both 
transmit and receive with the birdcage, and an additional DC bias to actively tune the 
transmit coil (Figure 40B). The hybrid splitter had good isolation (20/27 dB 
Minimum/Typical) between the input and output ports when all the ports had 50 Q 
connections. Two DC biases (DC1 and DC2 in Figure 40B) were forward biased only 
during transmit, activating the TR switch diodes that ensured the Tx signal went to the 
coil and not the preamplifier. A third DC bias (DC3 in Figure 40B) was used to provide 
positive current (+100 mA) to tune the local Tx-only birdcage to allow it to function as a 
Tx-only, Rx-only, or Tx/Rx coil.
2.3.3.2.4 Animal Positioning, Safety and Monitoring
An acrylic support structure was built so that the animal, coils, and monitoring 
equipment could be positioned outside the gradient system. The acrylic support consisted 
of a semicircular, half cylinder cradle that was attached to two circular end pieces (Figure
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41). The cradle positioned the animal in a prone position at the center of the gradient 
magnetic fields and contained the animal within the setup if  accidentally wakened. One 
end piece had a passage for the anesthetic and heating tubes, the coil, and the safety and 
monitoring cables to pass through (Figure 41). The other end piece had a 25 mm 
diameter hole so that the vaporized anesthetic and heated air had proper flow, while not 
being large enough for rats and guinea pigs to escape.
Isoflurane (Fluriso, Vet One, USA) was used for anesthesia for animal comfort 
and to reduce animal movement. The isoflurane was administered using a vaporizer 
(Matrx VIP 3000 Iso, Veterinary Anesthesia Systems, Inc., UT, USA). The animal was 
under full anesthesia before positioning occurred.
An MR-compatible monitoring and gating system (ERT Module 1030, SA 
Instruments, Inc., NY, USA) was used to monitor the animal’s breathing, pulse rates, and 
temperature. The monitoring system contained a heater and fan module to keep the 
animal at 37 C. Since the monitoring cables passed near to the transmit RF coil in order 
to reach the extremities of the guinea pig, the cables were shielded and an RF cable trap 
was implemented to reduce common mode currents.
2.3.4 Studies
2.3.4.1 Phantom Imaging
A homogeneous, 36 mm diameter, cylindrical phantom with concentrations of 12 
mM CuSO4 and 150 mM NaCl was used for noise correlation, SNR and B 1 mapping 
tests. A resolution phantom with similar geometry was created with interleaved paper and 
plastic to test gradient performance.
Noise correlation measurements were done using a standard gradient echo (GRE)
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sequence with the transmit voltage set to 0 V, setting the TE and TR to a minimum, and 
receiving with the 4chPA (18).
To test the effect of the 4chPA receive loops on transmit homogeneity, transmit 
flip angle (B1) maps were obtained using the Tx-only birdcage for transmit and using the 
1) Tx-only birdcage for receive and 2) the 4-channel array for receive. B 1 maps were 
obtained using the dual angle method (225) using a GRE sequence, with scan parameters: 
TR = 2500 ms, TE = 4.15 ms, FOV = 83x64x30 mm, voxel size = 0.64x0.64x3 mm, flip 
angle = 45°/90°, averages = 1, total scan time = 8.2 min. Acceptable homogeneity was 
deemed sufficient if  there was less than 5° variation (211).
SNR maps of the 4chPA, Siemens wrist coil, and small birdcage were obtained 
using a GRE sequence, with the following scan parameters: TR = 2500 ms, TE = 4.15 
ms, FOV = 83x64x30 mm, voxel size = 0.64x0.64x3 mm, flip angle = 90°, averages = 1, 
total scan time = 4.1 min. The SNR comparison studies were performed without the 
insert gradient. The 4chPA setup consisted of the acrylic supports, RF coils and RF 
shield. The SNR maps were obtained by normalizing the magnitude images by the 
standard deviation of the noise, and combining them through root-sum-of-squares.
To determine the benefit of composite gradient performance a resolution phantom 
was created using wet paper layered between plastic. Using paper soaked in water 
overcame surface tension that would have prevented water alone from entering between 
the plastic layers. The paper was initially measured at having a thickness of 80 p,m when 
dry, but thickened to 120 p,m after being soaked in water. Three thicknesses of plastic 
were interleaved with the wet paper, with the plastic layers measuring 120 p,m, 80 p,m, 
and 140 p,m in three sections of the phantom. The interleaved plastic/paper was placed 
into a 36 mm diameter cylindrical phantom with 12 mM CuSO4 and 150 mM NaCl.
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Resolution phantom studies were performed using the 4chPA and a 3D fast low 
angle shot (FLASH) sequence with both the 1) body gradients only (40 mT/m), and 2) 
composite gradient mode (80 mT/m). The scan parameters were different between the 
two setups, as the scanner limited the scan parameters when using the body gradients 
only. The voxel size was matched exactly to determine the improvement in image 
contrast. In both setups, the TE was minimized and bandwidth was maximized, as this 
shorter TE and faster readout were the primary advantages of the composite gradient 
system, and an equal TE and readout would result in similar images (121). The imaging 
time was matched as closely as possible, although this study was a test of resolution and 
contrast, which relied on gradient performance and not SNR performance. The scan 
parameters for: 1) body gradient alone were TR = 20 ms, TE = 4.37 ms, FOV = 
50x50x13.2 mm, voxel size = 150 p,m isotropic, flip angle = 20°, averages = 3, pixel 
bandwidth = 128 Hz/pixel, total scan time = 21.3 min; and for 2) composite gradients 
were TR = 20 ms, TE = 2.22 ms, FOV = 40x40x13.2 mm, voxel size = 150 p,m isotropic, 
flip angle = 20°, averages = 4, pixel bandwidth = 369 Hz/pixel, total acquisition time =
19.2 min. The resolution phantom images were interpolated to 75 ^m isotropic voxel 
size to more clearly observe the separation between plastic/paper. Contrast-to-noise ratio 
(CNR) was calculated by subtracting the peak SNR from each strip of wet paper from the 
lowest SNR of the adjacent plastic strip on the image (31).
2.3.4.2 Live Guinea Pig Imaging
A live guinea pig experiment was performed to test and illustrate gradient 
performance and contrast/SNR improvements of the system. The study occurred with 
Institutional Animal Care and Use Committee approval. For this experiment, a male
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308g guinea pig was scanned in vivo to observe the separation between the scala media 
and scala vestibule. 3D FLASH MR images with the composite gradient were obtained 
at 100p,m isotropic voxel size with the following scan parameters: TR/TE = 20/3.1 ms, 
flip angle = 50°, averages = 5, pixel bandwidth = 241 Hz/pixel, total scan time = 32.9 
min. In order to obtain enough SNR to observe the cochlear membranes with FLASH, 
gadolinium enhancement was used. Imaging occurred at a relatively high flip angle (50°) 
to improve signal from the inner ear, as the high concentration of gadolinium in the inner 
ear would have resulted in a low cochlear T1. The flip angle used in this study was 
chosen empirically to maximize the signal, although further optimization is possible. 
Images were acquired 7.5 hours after gadolinium injection.
2.3.4.2.1 Gadolinium Enhancement
One ear of the rodent was injected with a gadolinium contrast agent (Multihance, 
Bracco Diagnostics, Inc., Monroe Township, NJ, USA) through the tympanic membrane. 
A 24 gauge flexible catheter tip (Insyte Autoguard Shielded IV Catheter, BD Medical, 
Sandy, Utah) was inserted into the external auditory canal and advanced through the 
tympanic membrane into the middle ear. Placement of the catheter tip within the middle 
ear was confirmed by tactile feedback (rupture of tympanic membrane or contact of hard 
bony medial wall of the middle ear). The second ear was not injected to obtain 
comparison images without gadolinium. The gadolinium was used to improve the SNR 
of T1-weighted sequences by shortening the T1 of surrounding tissue. The gadolinium 




2.4.1 Coil Measurements (4chPA)
The change in loaded receive loop sensitivity (|S21|) between tuned and detuned 
states was greater than 45 dB, when measured with two small decoupled magnetic 
probes. Loaded preamplifier detuning was 19.5 dB. The loaded isolation (|S21|) between 
adjacent receive loops was greater than 14.7 dB. The isolation between the tuned 
birdcage and detuned receive loops was greater than 31 dB, and the isolation between the 
detuned birdcage and tuned receive loops was greater than 43 dB. The maximum and 
average off diagonal noise correlation coefficient was 0.27 and 0.17, respectively (Table
4).
2.4.2 Phantom Imaging 
The flip angle of the Tx-only birdcage for the 4chPA without the receive array 
was 40±5°, showing reasonable homogeneity (Figure 42A). With the receive array inside 
the Tx-only birdcage, the flip angle was 41±4° throughout the signal giving region of the 
central slice (Figure 42B), and near the cochlea the flip angle was 44±1° (which was 
calculated within the outlined circle of Figure 42B). The flip angle was slightly less than 
the prescribed flip angle (45°) during B 1 mapping, due to the difficulty of determining an 
exact flip angle over a small imaging/coil volume during prescan calibration.
The SNR of the 4chPA (Figure 42C) had roughly 1.6 times the SNR of the small 
birdcage (Figure 42E) near the cochlear region (14 mm deep, marked with an “x” on 
Figure 42F), and 4 times greater near the surface coils (Figure 42F). The SNR 
performance of the 4chPA was superior to that of the other RF coils tested in this work so 
it was used for the animal studies.
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The resolution phantom images are much more clear when using the composite 
gradient (Figure 43B) when compared to the body gradients alone (Figure 43A). The 
CNR between the water peak signals and the plastic minimums is on average double 
when using the composite gradient system (Figure 43C).
2.4.3 Live Guinea Pig Imaging
Images obtained using 3D FLASH at 100 p,m isotropic resolution (Figure 44 & 
Figure 45) show a clear separation between the scala vestibuli and scala tympani. These 
chambers are primary indicators of the health of the inner ear. The FLASH images 
(Figure 44A) are hyperintense (bright) near the right middle ear cavity where gadolinium 
was injected (Figure 44B-D), and have reduced signal and contrast in the left cochlea that 
had no enhancement (Figure 44E-G).
Three orthogonal reconstructed magnified views (Figure 44B-D) of the right 
cochlea show magnified views, demonstrating the high resolution images obtained with 
gadolinium enhancement. An enlarged image (Figure 45) shows marked anatomical 
features, including the (1) modiolus, (2) scala vestibuli, (3) basilar membrane separating 
the inner ear chambers, and (4) scala tympani.
The coils were slightly rotated on the rodent during imaging, so that there is a 
slight asymmetry in the axial image (Figure 44A). Despite this rotation, the SNR near 
the cochlea appears unaffected.
2.5 Discussion
The goal of this work was to develop and evaluate a system consisting of an 
insertable gradient, RF coils and animal positioning hardware to enable imaging of the
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internal structure of the cochlea and other inner ear structures of a guinea pig model at 3 
T. The composite gradient enabled increased resolution imaging with roughly twice the 
CNR. The small animal array had better SNR for imaging the guinea pig cochlea (about 
14mm deep) than the Siemens wrist coil (2.2x) and the small birdcage coil (1.6x). The 
primary advantage of the 4chPA over a volume coil was its ability to fit snugly over the 
rodent ears so that the coils were close to the imaging region to maintain high SNR. The 
4chPA and composite gradient system were used in conjunction with the anesthesia and 
monitoring system, and allowed for easy, yet robust and repeatable, positioning of the RF 
coils, animal monitoring cables, and other equipment for optimal image quality and 
animal safety. Injected gadolinium contrast allowed visualization o f the internal cochlear 
structures with FLASH image acquisition. The improved setup achieved in vivo 100 p,m 
isotropic resolution images in 33 minutes for FLASH imaging, at 7.5 hours after 
gadolinium contrast injection.
Intravenous injection was considered in place o f intratympanic injection. 
However, other unpublished results of the authors suggested that both the signal and 
contrast o f the cochlear chambers are lower with intravenous injection. A study by 
Yamazaki (226) came to the same conclusion, after intravenous and intratympanic 
injections were done on subjects with Meniere’s disease.
Many small animal imaging systems have much higher gradient performance than 
could be obtained with our composite gradient system; however, this system relied on the 
same gradient performance that can be obtained with our 3 T human system. 
Commercially available insertable gradients can provide the same gradient performance 
as the composite gradient for human imaging.
This work used FLASH imaging to demonstrate the hardware capabilities o f the
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system, although other sequences are also common for cochlear imaging, such as 
constructive interference in the steady-state (CISS) (208,209,213), fluid attenuated 
inversion recovery (FLAIR) (208,209), and turbo spin echo sequences with variable flip 
angles (VFE-FSE (213)). The advantage o f a sequence with strong T1-weighting, such as 
FLASH used in this work and FLAIR (208,209), is that it can be used to study 
gadolinium concentrations that change between cochlear chambers at different times 
between injection and imaging (212); the disadvantage is that gadolinium injection is 
very invasive (213). CISS can obtain high SNR images without gadolinium injection, but 
suffers from banding artifacts (213) that complicate image interpretation, so is used 
primarily for obtaining anatomical reference images (208,209). VFE-FSE has been used 
to obtain cochlear images without gadolinium injection, although it requires a 
homogeneous B 1 field and a long scan time that can limit high resolution images.
2.6 Conclusions
Improved imaging of the guinea pig inner ear on a clinical MRI system was 
achieved using composite imaging gradients, specially designed transmit and receive RF 
coils that operated within the composite gradients, in conjunction with an animal holder 
designed to operate in the reduced volume of the composite gradient system. 3D FLASH 
100 p,m isotropic resolution images o f the cochlea were obtained with visualization o f the 
inner ear anatomy in 33 minutes. The composite gradients doubled the CNR ratio when 
compared with the system body gradients. The composite gradients also allowed for 
higher resolution imaging than the system body gradients alone would allow. The 4- 
channel RF phased array obtained SNR that was double that o f a small birdcage coil that 
was designed to fit over the animal shoulders. Simple and effective RF decoupling
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techniques were demonstrated in the RF coils. Dynamic gadolinium enhancement 
improved the contrast of the separate cochlear chambers in FLASH imaging with many 
of the chambers visible 7.5 hours after injection. This combination o f imaging and 
animal hardware was essential in obtaining the high-resolution images of a live guinea 
pig cochlea on the 3 T clinical scanner.
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Figure 35. Small animal setup. (A) Top-down view o f the insertable gradient and RF
circuitry. (B) Picture o f the entire setup. (C) RF receive coils with clay padded around




Figure 36. Illustration o f the small animal setup. (A) Schematic showing the scanner, 
insertable gradient, RF coils, and monitoring equipment, prior to insertion into the 
scanner. (B) Schematic o f the RF shield that lined the inner diameter o f the insertable 
gradient.
A B
Figure 37. Two coils that were used for small animal imaging. (A) Siemens commercial 
wrist Tx/Rx coil and a (B) small Tx/Rx birdcage coil used for SNR comparisons with the 
phased array. The wrist coil (A) was 132 mm wide, 120 mm tall, and 142 mm wide. The 
small birdcage (B) had 8-rungs, was 75 mm long, and had a diameter o f 64 mm. A 
smaller Tx/Rx birdcage would have excluded the inner ear anatomy from the sensitive 
central region o f the coil.
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Receive Array
Figure 38. Schematic o f the rodent with the receive array placed over its ears. The needle 
end o f the syringe was connected to a tube delivering anesthetic to the rodent.
Active Decoupling
Figure 39. A single receive coil schematic. Schematic for a single receive coil in the 4- 
channel phased array, showing the location of the capacitors, decoupling circuitry, and 





Figure 40. Transmit coil circuits. (A) Schematic o f the RF transmit coil and the 
decoupling method employed. The reverse diode pairs are forward biased to tune the 
transmit coil, and unbiased to detune it. A DC blocking capacitors (CBi) and RF choke 
(RFC) ensure that DC current passes through all o f the reverse diode pairs to ground. A  
second DC blocking capacitor (Cb2) reduces eddy currents in the end ring. (B) 
Schematic o f the TR switch used for the transmit coil. DC1 and DC2 are forward biased 
during transmit. The circuitry enables a 50 Q connection to the hybrid ports during both 
Tx/Rx. The quarter-wave length circuits at the isolation port o f the hybrid add additional 
protection to the preamplifier if  too much power is received on that port. The diodes 
connected to DC bias line (Db) remove the negative DC bias provided by the scanner and 
are protected from high RF power by the RF chokes.
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Figure 41. Acrylic structure model. Model o f the acrylic structure used for positioning of 
the rodent and hardware.
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Figure 42. SNR and B 1 maps o f rodent coils. (A) Transmit B 1 map o f the Tx-only 
birdcage for the 4chPA when used for both Tx and Rx, with the RF phased array not in 
the Tx-only coil. (B) Transmit B 1 map o f the Tx-only birdcage for the 4chPA when the 
RF phased array is used for Rx and located inside the birdcage. Within the outlined 
circle, the flip angle was 44±1°. SNR maps o f the (C) RF phased array, (D) Siemens 
wrist coil, and (E) small birdcage. (F) SNR Ratio between the phased array and small 
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Figure 43. Resolution comparisons. Images o f a resolution phantom obtained with the 
(A) body gradients only and with the (B) insertable gradient. The resolution phantom 
had 120 p,m thick sheets o f wet paper interleaved with plastic sheets o f 120 p,m, 80 ^m, 
and 140 p,m thicknesses. (C) Plot through the phantom of signal obtained using the body 
gradient (dashed) and composite gradient (solid) systems. The dashed white line in (A) 
and (B) indicates the region where the (C) signal was plotted. The widths o f the 
interleaved plastic sheets are indicated on the figures (120 p,m, 80 p,m, and 140 p,m).
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Figure 44. Images o f the rodent cochlea. Axial plane image (A) o f the entire guinea pig 
head. Note that only the right middle ear cavity had gadolinium injected. B-D: Three 
orthogonal reconstructed magnified views o f the right cochlea. E-G: The left middle ear 





Figure 45. Enlarged image o f a cochlea. Enlarged cross sectional image from a live 
guinea pig through the right cochlea 7.5 hours after gadolinium injection. The arrows 
mark the (1) modiolus, (2) scala vestibuli, (3) basilar membrane, and (4) scala tympani.
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Table 4. Noise correlation matrix o f the RF receiver coils.
Coil 1 2 3 4
1 1.00 0.15 0.12 0.29
2 0.16 1.00 0.17 0.15
3 0.12 0.17 1.00 0.12
4 0.30 0.15 0.12 1.00
CHAPTER 3
AN APPARATUS FOR IN VIVO OXYGEN PROBE 
MEASUREMENTS DURING RENAL BOLD MRI
This chapter is based on an unsubmitted technical note titled, “An Apparatus for 
In Vivo Oxygen Probe Measurements During Renal BOLD MRI, ” authored by Joshua D. 




The goal o f renal BOLD MRI is to evaluate renal tissue oxygen tension (pO2) 
based on T2* maps. Many factors affect T2* besides renal tissue pO2 and must be 
accounted for in pO2/T2* signal models. Simultaneous renal BOLD MRI and 
measurement o f renal pO2 with invasive probes is a powerful tool to investigate the 
relationship o f renal pO2 to BOLD T2* maps. We present a new technique for 
simultaneous renal BOLD MRI and invasive pO2 measurement in pig kidneys.
3.1.2 Methods
Fiberoptic probes were inserted into pig kidneys through a plastic sheath, which 
was placed percutaneously over a needle with real-time ultrasound guidance. Renal 
BOLD MRI was performed while continuous oxygen measurements were obtained from 
the probes using a custom real-time data logging system. Intravenous furosemide was 
administered to cause alterations in renal pO2. Changes in T2* maps from renal BOLD 
scans were correlated with changes in oxygen probe measurements.
3.1.3 Results
The fiberoptic system was visible on MRI images, which allowed determination 
and optional adjustment o f probe location. Changes in medullary oxygenation measured 
by probe mirrored changes in T2* measured by renal BOLD MRI. Continuous real-time 
oxygen probe measurement also revealed second-by-second variations in medullary pO2 
caused by bladder filling and short periods o f apnea, which have previously unconsidered 
implications for estimation o f renal pO2 from renal BOLD MRI data.
3.1.4 Conclusion
A system for real-time measurement o f renal pO2 during renal BOLD MRI has 
been developed for in situ evaluation o f pig kidneys, which correlated with T2* and 
elucidated previously unknown causes o f renal pO2 changes.
3.2 Introduction
Chronic kidney disease (CKD) affects more than 20 million people in the United 
States, and more than 10% of the world’s population (227,228). Renal parenchymal
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hypoxia is thought to play a central role in the progression o f CKD (229). Oxygen 
tension (pO2) varies within the normal human kidney by roughly 30 mmHg between the 
cortices and medulla (230). Medullary pO2 can decrease due to indicators o f CKD, such 
as diabetes (231) and low hematocrit (232), but can increase due to urinary obstruction 
(35); cortical pO2 may decrease due to diabetes (231), low hematocrit (232), and urinary 
obstruction (35). Despite the importance o f renal hypoxia in the progression o f CKD and 
the potential for therapeutic intervention for CKD treatment, no satisfactory noninvasive 
method exists for evaluating renal hypoxia.
Renal BOLD MRI has been proposed as a means o f investigating renal hypoxia 
(35-43). Renal hypoxia is expected to cause higher deoxyhemoglobin concentration, 
which would be reflected in decreased T2* values (94) on renal BOLD T2* maps. Many 
factors besides deoxyhemoglobin contribute to T2*, including inhomogeneities caused by 
contrast agents, iron deposits and air-tissue interfaces (such as frequently occur in the 
intestines). Whether BOLD MRI, with or without diuretic challenge, reflects the severity 
of CKD remains an open question (233,234). In order to estimate hypoxia from T2* data, 
all factors affecting T2* must be modeled and accounted for (235). Invasive 
measurements o f kidney pO2 are essential to develop and calibrate these models.
Initial porcine studies have been performed to calibrate BOLD MRI with in situ 
oxygen measurements using Clark-type electrode probes (35,36). Clark electrodes (236), 
unfortunately, disturb the local environment by constantly depleting oxygen in the 
sample, result in increased susceptibility artifacts due to their metallic nature, require 
calibration with an oxygen-free medium, and require constant stirring for accurate 
measurements. In addition, kidney exposure and nonsimultaneous measurements could 
result in differences between the measured pO2  and associated MRI BOLD experiments.
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In Warner’s study (36), pO2 measurements were performed a week after the MRI BOLD 
study, which could result in significant physiological differences. In Pedersen’s study 
(35), pO2 measurements from an exposed kidney were interleaved with BOLD MRI 
measurements opposite to the exposed kidney, to avoid artifacts introduced from the 
probe. However, despite these challenges, these studies (35,36) demonstrated a 
correlation between pO2 and T2* that is very encouraging.
Only very recently has the combined use o f an invasive, nonmetallic, fiberoptic 
oxygen probe used in concert with noninvasive MRI for renal evaluation been 
demonstrated and evaluated with MR-PHYSIOL (237). The experiments with MR- 
PHYSIOL (237) compared hypoxia and hyperoxia in rats by using varied oxygen content 
in the inhaled gas mixture. During the experiment, T2 maps and T2* maps were acquired 
5 minutes apart and the pO2 data were logged continuously (at 1Hz). The results o f those 
studies showed good correlation between renal pO2 and T2 (and T2*) in the cortex, and 
some correlation in the medulla. Further investigation with MR-PHYSIOL using 21 
different rats showed that the relationship between T2* qualitatively mirrored pO2 during 
hypoxia, hyperoxia, and aortic occlusion, but the quantitative correlations were weak
(238).
This work demonstrates the techniques and early results o f invasive pO2  
measurements at our institution and their correlation to BOLD MRI using a porcine 
model. To our knowledge, ours is the first report o f simultaneous invasive oxygenation 
measurements and renal BOLD MRI in pig kidneys in situ. This work has been 
performed with T2* measurements with temporal resolution (~1 minute) faster than has 
been achieved previously (35,36,237,238) to help correlate renal pO2 and T2* 
measurements. The continuous logging o f pO2  data has also resulted in unique,
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previously unobserved, physiological effects on renal pO2 . We share our technical 
methods that have achieved excellent agreement in tissue oxygenation, under varying 
physiologic conditions, between BOLD MRI and the invasive reference probe.
3.3 Methods
3.3.1 Oxygen Probe Measurement System 
A 7 cm 8.0 Fr. paracentesis catheter (Cook Medical, Blomington, IN) was placed 
percutaneously into a porcine kidney under ultrasound guidance (Figure 46A,B). The 
catheter needle was advanced to the desired location o f the probe tip, and then both 
needle and catheter were withdrawn 5 mm, which was the length that the fiberoptic tip 
extended beyond the catheter. The needle was then removed from the catheter while a 
small quantity o f saline was infused to prevent the formation o f air bubbles in the catheter 
and reduce susceptibility effects o f air within the catheter. A bare tipped fiberoptic pO2  
probe (Oxylite, Oxford Optronix, Oxford, UK) was inserted through the catheter. The 
probe and catheter were attached to each other by a Luer lock fitting, which ensured that 
the probe tip extended exactly 5 mm beyond the end o f the catheter.
The catheter and probe were then immobilized by a small custom clamp placed on 
the exposed portion o f the paracentesis catheter sewn onto the skin o f the pig (Figure 
46C). The clamp was developed to reduce the movement o f the probes when moving the 
pig from the surgery table to the scanner table, or the movements that resulted from the 
pig breathing. The clamp was created from PLA plastic using 3D computer-aided design 
(SolidWorks, Dassault Systemes SolidWorks Corp, Massachusetts, USA) and rapid 
prototyping with a 3D printer (CubeX Duo, Cubify, 3DSystems Inc., Rock Hill, SC, 
USA). The clamp was padded with thin polyurethane foam (86225K51, McMaster-Carr,
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Santa Fe Springs, CA, USA) so that the probe could be securely clamped without being 
damaged. Another custom 3D printed part covered the system so that MRI coils could be 
placed over the kidney without disturbing the oxygen probe or clamp (Figure 46D).
The oxygen probe was then connected through a long fiberoptic cable to an 
oxygen measurement system (OxyLite Pro, Oxford Optronix Ltd., Oxford, UK) outside 
the scanner that interpreted the probe measurements, provided real time information, with 
outputs for a data acquisition device to permanently record data. The oxygen 
measurement system had a serial connector that output a voltage proportional to the 
oxygen sensor levels. The voltage was then collected by the additional data acquisition 
device, which consisted o f an Arduino (Arduino Uno, Adafruit, New York, New York) 
that connected through a USB to a computer. The computer used a custom Python 
program developed to acquire and permanently save the real-time data for later analysis.
The method for placement o f oxygen probes into the pig kidney was developed 
and refined in a series o f experiments on five pigs that were used for unrelated invasive 
cardiac MRI studies. These pigs were sacrificed after unrelated cardiac studies; we used 
them before sacrifice to refine our method o f probe placement and securement. All 
experiments were performed with the approval o f the local Institutional Animal Care and 
Use Committee. The pigs were under general anesthesia for the entire experiments. 
Renal BOLD data from these initial five pigs were not valid, as the pigs had received a 
large load o f gadolinium contrast in the earlier unrelated experiments, which severely 
affected T2* relaxation. However, after the probe placement technique had been refined 
with these five experiments, a sixth experiment was performed on a pig that had not 
undergone previous contrast injection. Probe pO2 data and renal BOLD T2* data 
presented in this manuscript are from this sixth pig, from a probe which was observed to
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be in the renal medulla.
3.3.2 MRI Study
After placement of the oxygen probe, the pig was moved into the scanner. Renal 
BOLD images were acquired with the following scan parameters: TR = 80 ms, TEs = 
5,10,15,20,25,30 ms, flip angle = 25°, matrix = 256x256x1, voxel size = 0.78x0.78x8 
mm, FOV = 200x200x8 mm, averages = 1, with a total scan time o f 20 seconds. Initial 
BOLD images were obtained to confirm that the probe was in the proper position and to 
evaluate the robustness of the oxygen measurements. After a sufficient baseline was 
acquired, 20 mg o f furosemide (Hospira Inc., Lake Forest, IL, USA) was injected 
intravenously. BOLD images were taken roughly twice per minute after furosemide 
injection. During each 20 second BOLD image acquisition, the respirator was stopped so 
that kidney motion was minimized.
The r-value correlation coefficient and p-value against the null hypothesis were 
calculated to evaluate the correlation between the oxygen probe measurements and T2* 
measurements. The oxygen probe correlations were calculated using a pO2  
measurements averaged for 20 seconds, as the time resolution o f the T2* measurements 
(20 seconds) was much lower than that of the oxygen probe that recorded pO2  once per 
second. A region-of-interest (ROI) within the kidney surrounding the oxygen probe tip 
was defined on the renal BOLD images for analysis, as indicated by the white dotted 
outline in Figure 47A .
3.4 Results
A BOLD first-echo source image and T2* image are shown in Figure 47. The 
simultaneous pO2 and T2* measurements are shown in Figure 48. Correlation 
calculations between the pO2 and T2* measurements for all 8 measurements gave an r­
value and p-value o f 0.59 and 0.12, respectively.
While the correlation between pO2 and T2* is interesting, the results o f the 
continuous pO2 probe measurements, shown in Figure 49, are more notable. Oxygen 
tension was initially steady, prior to the furosemide study (Figure 49A). An immediate 
decrease (<1 second) in pO2 was observed whenever the animal underwent apnea, which 
lasted for 20 seconds in our BOLD studies, although other slightly longer measurements 
and incomplete studies are shown in the continuous data. (Apneic periods are marked 
with dark gray horizontal lines at the bottom of the graphs in Figure 49.) After 
furosemide injection, the renal medulla experienced a decrease in oxygen levels due to an 
apneic period, but the baseline oxygen level consistently increased (Figure 49B). After 
15 minutes, the oxygen levels returned to normal. The pO2 difference from furosemide 
injection was similar to the pO2 change before and after the animal bladder was drained 
(~6 mmHg) (Figure 49B,C). When gadolinium was injected, pO2 sharply and 
significantly increased for a short period of time (Figure 49D). Touching or moving the 
animal also resulted in slight changes in pO2 .
Oxygen saturation o f venous blood in the pig’s ear measured with a pulse 
oximeter did not show any change in saturation over these short periods of apnea.
A picture of the sectioned kidney confirmed that the fiberoptic probe was inserted 
into the medulla (Figure 50).
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3.5 Discussion
While many studies have tried to determine the usefulness o f BOLD imaging in 
CKD, these results indicate that there may be many confounding factors to using T2* 
measurements to estimate oxygen levels to assist indication o f CKD. Similar to the other 
invasive renal studies (35,36,237,238), our results show a correlation between T2* and 
pO2. Unlike other invasive porcine studies (35,36), our probes were minimally invasive 
and were able to acquire data truly simultaneously from the same kidney that the probe 
was inserted into. We showed a correlation between pO2 and T2* similar to rodent 
measurements with MR-PHYSIOL (237), although our data were acquired with a porcine 
model with higher temporal resolution.
Continuous monitoring o f probe data during a period o f almost three hours 
revealed many second-by-second changes in medullary pO2  due to unexpected factors. 
For instance, the effects o f apnea and bladder urine volume on pO2  have not been 
previously demonstrated. There was a drop o f about 2.5 mmHg in medullary pO2 when 
respiration was suspended for a 20 second renal BOLD MRI scan. This drop occurred 
immediately (<1 second) after apnea, and pO2 returned to normal roughly 8 seconds after 
respiration resumed. Since the time course o f the observed change in medullary pO2 is 
too rapid to reflect actual changes in blood pO2 , we hypothesize that an autonomic 
nervous system mediated phenomenon may decrease medullary pO2  transiently during 
breath-holding. Similarly surprising is the significant effect o f bladder filling and 
emptying on renal medullary pO2 . Removal o f a few hundred mL of urine from the pig 
bladder caused a decrease in medullary pO2  o f around 6 mmHg, which is similar to the 
magnitude o f change caused by administration o f furosemide. Further studies are 
required to assess a more accurate correlation and to determine all o f the confounding
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factors on T2* / pO2 correlations.
Another notable point is that the return to baseline pO2 occurs about 15 minutes 
after injection o f furosemide, which suggests that T2* measurements after furosemide 
should occur consistently at the same time after furosemide is administered.
The T2* maps are poor partly due to the lower SNR caused by extra distance 
between the receive coils and the kidneys, as the coils were distanced further from the pig 
body than typical to accommodate the probes. B 0 inhomogeneities caused by air in the 
gut also decreased the quality o f the T2* maps. The authors believe that porcine studies 
may result in more consistent results than rodent studies, as pigs have kidneys much 
nearer to function and size to humans, and the increased size o f the porcine kidney will 
result in better B0 homogeneity and reduced renal damage from probe insertion.
3.6 Conclusions
We have presented a method o f simultaneous measurement o f renal oxygenation 
with invasive probes and renal BOLD MRI in pig kidneys. Previous studies on pig 
kidneys required dissection o f the kidney for probe placement and did not allow true 
simultaneous pO2 measurement and BOLD MRI. Our method is minimally invasive, 
with percutaneous placement o f probes through catheters into the kidney, and with true 
simultaneous acquisition o f MRI data. This method can be a powerful tool to investigate 
the relationship o f renal T2* with oxygenation levels to provide essential data to calibrate 
pO2 estimation models based on T2*. The similarity o f pig kidneys to human kidneys in 
terms o f size and anatomic structure suggests that these data may be useful for non- 
invasive modeling o f human kidney oxygenation based on renal BOLD. Our 
experiments also reveal potential confounding factors in BOLD MRI which have not
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been previously described, including immediate changes in medullary pO2  with breath- 
holding, and strong dependence o f medullary pO2  on bladder urine volume. The 
combination o f MR techniques and invasive measurements (35,36,237,238) appears very 




Figure 46. Images showing the insertion probes into a kidney. (A) The insertion o f the 
metallic needle and plastic sheath is shown, with guidance from an ultrasound probe. (B) 
A typical ultrasound image showing the kidney (between the horizontal triangles) and the 
probe (indicated with arrows). (C) Two fiberoptic probes shown in position in the pig 
kidney. The plastic sheaths were clamped down by 3D printed parts that were sewn onto 
the pig. (D) A 3D printed cover protected the probes and their position, so that coils 
could be placed near the kidneys, just above the probes.
Figure 47. MRI-derived images showing the probe location. The plastic sheaths (marked 
with arrows) that the oxygen sensor probes passed through are shown on the (A) VIBE 
images and the (B) first TE o f the renal BOLD images. (C) A T2* map o f the same
region.
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Figure 48. Changes in T2* and pO2 with furosemide. (A) T2* and pO2 measurements 
against time. The downward triangles indicate the measured T2* values. The solid line 
indicates the measured pO2 values with the probe. (B) pO2 versus T2*. The solid line 
shows the linear fit.
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Figure 49. Excerpts from continuous pO2 measurements throughout this study. The gray 
horizontal bars at the bottom of the graphs indicate periods where apnea occurred. (A) 
Time course during breath-hold BOLD measurements and during free-breathing. 
Medullary pO2 was constant here when apnea did not occur. (B) pO2 increase after 
intravenous administration o f furosemide. The image shows many pO2decreases due to 
apnea for BOLD MRI and other acquisitions. (C) Bladder pressure increased pO2 levels, 
while bladder drainage decreased pO2. (D) The injection o f gadolinium resulted in a 
sharp increase and decrease in pO2 .
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Figure 50. The sectioned kidney. A picture o f the sectioned kidney confirmed that the 
fiberoptic probe was inserted into the medulla (marked with the arrow).
CHAPTER 4
RELATIVE SIGNAL LOSS FROM FAT USING  
IN- AND OUT-OF-PHASE IMAGES FOR 
INDICATING RENAL HEALTH
This chapter is based on an unsubmitted paper titled, “Relative Signal Loss from 
Fat Using In- and Out-of-phase Images for Indicating Renal Health, ” authored by Joshua 




The presence o f renal lipid deposits has been associated with kidney disease. 
However there have been differences in animal and laboratory models. Lipotoxicity may 
result in CKD either directly from within the kidneys or indirectly from effects external 
to the kidney, such as systemic inflammation, oxidative stress, hormonal changes, and 
vascular injury. A recent diabetic mouse model used MRI with spectrally selective 
excitation to show an increase in cortical fat in diabetic kidneys compared to normal 
controls. This work attempts to determine the correlation between renal fat content and 
indicators o f kidney disease and general health, such as eGFR, urine protein, serum
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cystatin C, and BMI.
4.1.2 Methods
In-phase and out-of-phase axial T1-weighted images were obtained through the 
kidneys o f 200 subjects, and regions-of-interest were drawn around the kidney, liver, 
cortices, and medulla. The R correlation coefficient was calculated for the renal fat 
content versus eGFR, urine protein, serum cystatin C, and BMI.
4.1.3 Results and Conclusion
The R correlation coefficients showed no correlation between the renal fat 
content and indicators o f renal and general health, across a range o f etiologies.
4.2 Introduction
Diabetes has been linked to an increased risk in end-stage renal disease (ESRD)
(239). The presence o f renal lipid deposits has been associated with diabetic kidney 
disease (240) and fatty acids have demonstrated to contribute to the progression of 
chronic kidney disease (CKD) (241-243). While lipotoxicity has been demonstrated to 
result in renal damage, differences in animal and laboratory models have varied (45). 
Lipotoxicity may result in CKD either directly from within the kidneys or indirectly from 
effects external to the kidney, such as systemic inflammation, oxidative stress, hormonal 
changes, and vascular injury (45). A recent diabetic mouse model used MRI with 
spectrally selective excitation to show an increase in cortical fat in diabetic kidneys 
compared to normal controls (46). The applicability of these models in humans remains 
to be established (45).
This study raises the possibility that quantification o f renal fat might be useful to 
assess CKD severity in humans. This study was done using retrospective data from 200 
human subjects with varying degrees o f renal failure ranging from normal renal function 
to dialysis dependence.
In- and out-of-phase T1-weighted images were used to determine renal fat content 
using a 2-point Dixon method (244). While other methods exist for determining fat 
content, such as IDEAL (92) or 3-point Dixon methods (90), as well as chemical shift- 
selective imaging (46), these T1-weighted images are obtained clinically at our 
institution, which enabled a large sample size through retrospective analysis.
The correlation between fat content measured with the in-phase/out-of-phase 
images and estimated glomerular filtration rate (eGFR) or the body mass index (BMI) 
was investigated.
4.3 Methods
In-phase and out-of-phase axial T1-weighted images were obtained through the 
kidneys o f 97 subjects (ages 18 to 81, roughly half on dialysis) in a retrospective study 
approved by the institutional review board. These images are routinely collected at our 
center as part o f abdominal health evaluations. Data were collected from both 1.5 T and
3.0 T scanners. Because the study was retrospective, similar scan parameters were not 
possible across the entire patient population. Typical scan parameters at 1.5 T were: TR 
= 130 ms, TE1 = 2.17 ms, TE2 = 4.48 ms, flip angle = 70°, matrix size = 512x416, FOV = 
380x310 mm, slice thickness = 6mm; and at 3.0 T were: TR = 163 ms, TE1 = 3.5 ms, TE2 
= 7.0 ms, flip angle = 70°, matrix size = 240x320, FOV = 380x310 mm, and slice 
thickness = 5 mm.
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A central kidney slice was chosen and multiple regions-of-interest (ROI’s) were 
drawn on that slice 1) around the entire kidney, 2) around potential cortical regions, 3) 
around potential medullary regions, and 4) in the liver. When differentiation o f the 
cortical and medullary regions was not clear in subjects, such as those patients with 
severe renal disease (245), small regions were selected near the kidney capsule for likely 
cortical regions. Multiple likely cortical and medullary regions were selected within each 
kidney to increase the number o f voxels used in the statistics.
The relative signal loss from fat (FAT) is defined as the magnitude signal from 
the in-phase image minus the out-of-phase image, over the in-phase image:
([In -  Phase] -  [Out -  o f  -  phase]) /  [In -  phase]. (174)
A sample out-of-phase image and FAT image is shown in Figure 51. FAT was 
compared with eGFR, BMI, serum cystatin C, and urine protein to observe any statistical 
correlations. Serum cystatin C was collected on ~50 subjects and urine protein was 
collected on most subjects. BMI was calculated using the relation:
BMI = weight (kg) . (1.75)
height (m )
eGFR was calculated using the following relation:
eGFR (mL/min/1.73 m2) = 175 (Scr)-L154(Age)-0203 x 
(0.742 if  female) x (1.212 if  African American),
where Scr is the serum creatinine.
FAT was plotted against the eGFR and BMI for the four ROI’s, and the R2 
correlation was calculated. The R correlation was calculated for all subjects, for healthy 
subjects, and for diabetic subjects.
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4.4 Results
The plots o f FAT versus eGFR (Figure 52), serum cystatin C (Figure 53), urine 
protein (Figure 54), and BMI (Figure 55) are shown, with trend-lines that show a fit for 
all subjects. The diabetic subjects are shown with downward pointing triangles, and the 
nondiabetic subjects with upward triangles.
The R correlation coefficient was < 0.08 for all subjects, both diabetic and 
nondiabetic, indicating no correlation between FAT and eGFR, serum cystatin C, urine 
protein, and BMI.
4.5 Discussion
Renal fat estimated with in- and out-of-phase images do not correlate with eGFR, 
serum cystatin C, urine protein, or BMI in this retrospective study. There appear to be no 
changes in renal fat content with worsening renal disease. The results o f our current 
study suggest that such differences would be slight, if  they exist.
While better methods for fat quantification exist, including multipoint Dixon or 
IDEAL methods (246), the use o f in- and out-of-phase images enabled acquisition o f data 
from a large patient population, due to the routine collection o f these images by health­
care providers at our center. Despite not using Dixon or IDEAL methods, renal fat 
content differences should have been evident in a population this large. Additionally, no 
statistical difference was observed when using the entire population, diabetic population, 
or nondiabetic population.
The results o f this study do not disprove the diabetic mouse model (46), as a more 
controlled environment and population may have more observable differences. However, 





This work has demonstrated that there is no correlation between fat content in the 
kidneys, as estimated by in-phase and out-of-phase images, with renal dysfunction across 
a range o f etiologies. This work compared renal fat with eGFR, serum cystatin C, urine 
protein, and BMI, and found no correlation.
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Figure 51. MRI-derived images o f a kidney. (A) Kidney image from an out-of-phase 
axial slice. A sample cortical ROI is outlined. When the cortex was not distinguishable 
from medulla, an ROI was chosen near the kidney wall to obtain likely cortical regions. 
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Figure 52. FAT versus eGFR. FAT versus eGFR for (a) whole kidney, (b) whole liver, 
(c) cortical and (d) medullary regions. The nondiabetic patients and diabetic patients are 
indicated with up-triangles (black) and down-triangles (red), respectively. A trend-line 
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Figure 53. FAT versus serum cystatin C. FAT versus serum cystatin C for (a) whole
kidney, (b) whole liver, (c) cortical and (d) medullary regions.
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Figure 54. FAT versus urine protein. FAT versus urine protein for (a) whole kidney, (b)
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Figure 55. FAT versus BMI. FAT versus BMI for (a) whole kidney, (b) whole liver, (c)
cortical and (d) medullary regions.
CHAPTER 5
SYNCHRONOUS 1H AND 23Na DUAL-NUCLEAR MRI 
ON A CLINICAL MRI SYSTEM, EQUIPPED WITH A  
TIME-SHARED SECOND TRANSMIT CHANNEL
1 23This chapter is based on the paper titled, “Synchronous H and Na dual-nuclear 
MRI on a clinical MRI system, equipped with a time-shared second transmit channel, ” 
authored by Joshua D. Kaggie, Nabraj Sapkota, Kyle Jeong, Xianfeng Shi, Glen Morrell, 
Neal K. Bangerter, and Eun-Kee Jeong. This paper had been submitted and rejected from 
a journal. A revision will soon be sent to a new journal.
5.1 Abstract
5.1.1 Purpose
1 23To synchronously acquire proton ( H) and sodium ( Na) image data at 3 T within
23 1the same sequence, for accurate co-registration of Na and H images within 
significantly reduced scan times, without internal modification of the clinical hardware.
5.1.2 Methods
1 23A dual-tuned H/ Na breast coil was used to acquire both phantom and in vivo
23data. Proton GRE and SE MR images were separately acquired, synchronously with Na
1 23GRE images. To overcome scanner limitations: the H/ Na transmit pulses were 
interleaved; additional hardware was added to the scanner to down-convert the 1H signal,
23 1 23so that both the Na and H signal were acquired at Na frequency through the scanner;
23 1the sequence allowed multiple Na acquisitions to occur between H acquisitions; and 
the 1H signal used phase stabilization to reduce external hardware phase effects.
5.1.3 Results
1 23The synchronous H/ Na setup obtained images in half the time that it would
1 23have taken to sequentially acquire the same H and Na images with the given setup and 
parameters.
5.1.4 Conclusions
Dual-nuclear hardware and sequence modifications were used to acquire
1 23synchronous H/ Na image data. This work demonstrates a viable technique to acquire 
dual-nuclear image data without increases in scan time, and without modifying the 
scanner’s internal hardware.
5.2 Introduction
While standard proton (1H) MRI is currently the gold standard for diagnosing and 
characterizing many diseases, there are still many diseases which cannot be diagnosed
1 23and characterized by H-MRI. Sodium ( Na) MRI is being pursued as a complement to 
clinical 1H-MRI. Sodium MRI is less sensitive than 1H-MRI, due to the relatively low in
23vivo Na concentrations, rapid biexponential signal decay, and a low gyromagnetic ratio.
23Despite these challenges, 23Na-MRI has the potential to help improve the characterization
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and assessment o f tumor viability (178,247), cartilage health (182,183,248,249), renal 
failure (185,250), tissue damage following stroke (186), and multiple sclerosis (187).
23A significant barrier to Na-MRI in clinical settings is the increased time
23 1 23 1requirements for obtaining both Na and H data, since Na and H images are typically 
acquired sequentially in separate MRI sequences (251). Data acquisition schemes that 
synchronously image multiple nuclei (as recently demonstrated in (22)) could potentially 
provide additional multinuclear image data to complement 1H image data without a 
significant scan time penalty compared to 1H imaging alone. During nonproton MR 
spectroscopy, a 1H-RF transmit is used in conjunction with a nonproton pulse for 1H
31 1decoupling (252), nuclear Overhauser enhancement (253), P- H cross-polarization 
(254), and polarization transfer (255-257). However, only recently have the first 
synchronous MR images been reported on clinical systems, obtaining synchronous 1H
23 19 31data using Na (251) and F (22) imaging and P (258) spectroscopy. Synchronous
1 23 11H/23Na imaging has the potential to preserve the information from standard 1H-MRIs,
23while obtaining additional 23Na information from the same sequence without increasing
23scan time, improving the feasibility of 23Na-MRI.
Dual-nuclear MRI acquisitions can be performed in a variety of ways. Excitation 
can be either interleaved or sequential, as can gradient field encoding and acquisition. 
For the purposes o f this paper, we use the term “simultaneous” when dual-nuclear 
excitation, reading, or encoding is truly performed at exactly the same time. We use the 
term “interleaved” when any of these steps occur in rapid succession. And, broadly 
speaking, we term any dual-nuclear technique “synchronous” that is capable of exciting 
and acquiring signals from both nuclei in a single pulse sequence, whether in a 
simultaneous, tightly interleaved, or an overlapped fashion.
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Most clinical and human research scanners lack sufficient hardware for 
synchronous multinuclear imaging. Even though many sites have multinuclear
1 23 1 23capabilities and dual resonant H/ Na coils (259-264), synchronous H/ Na images have 
only been reported by Keupp (251) o f a human knee in vivo, due to the increased 
hardware difficulties in obtaining synchronous images. Keupp’s solution (265) requires 
modification of internal scanner components, such as modifying the input feeds into the 
RF amplifier.
In this manuscript, we present a new solution for synchronous dual-nuclear
1 23imaging. Our solution does not involve acquiring or transmitting both the H/ Na 
signals simultaneously, avoiding some of the significant scanner modifications required 
for other solutions. Unlike a typical preclinical small bore MRI system equipped with a 
second independent radiofrequency (RF) channel, for which two separate RF systems 
(Tx/Rx) can independently operate within an appropriate pulse sequence, our human 
research scanner is capable o f irradiating or receiving only one frequency at a time. The 
human research scanner can, however, switch between broadband and baseband 
transmission within 100 p,s; unfortunately, the scanner limits reception to only one 
frequency within a given sequence. The ability to transmit at two frequencies within a
23 1sequence allows us to acquire synchronous data, by manipulating both 23Na and 1H spin 
systems within the same pulse sequence. In order to take advantage o f the scanner’s 
ability to rapidly switch between broadband and baseband transmission, the receive 
techniques must incorporate external hardware to acquire data from the second nucleus.
While the imaging schemes demonstrated in this paper are not truly simultaneous
1 23(the H transmit pulse occurs just prior to the Na transmit), the results are nearly the 
same as if they were simultaneous. This paper also demonstrates another synchronous
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1 23imaging scheme that acquires H image data after a set number o f Na repetition times,
1 23so that the H and Na repetition times are different yet data from both nuclei are 
simultaneously acquired at certain TRs. While each synchronous imaging scheme will 
constrain the choice o f imaging parameters, there can be significant benefits from 
obtaining information from a second nucleus within a single sequence.
23In this work, we present a novel method for synchronous acquisition o f Na and 
1H images which avoids the extensive modifications to the scanner required o f previous 
solutions. Our solution exploits the capability o f our scanner to rapidly switch between 
normal and broadband excitation. Several synchronous acquisition variations are
1 23presented for dual-nuclear H/ Na imaging, and proof-of-concept demonstrations 
provided in phantoms and in the human breast.
5.3 Methods
The objective o f this study was to demonstrate hardware and sequence techniques
23 1to acquire synchronous Na and H breast images. External hardware capability, as 
shown in Figure 56 and Figure 57, was developed and added to a clinical MRI system
23 1with multinuclear MR option to sample both Na and H MR signals within the same 
acquisition. A dual-nuclei MRI pulse sequence (Figure 58) was developed to manipulate 
both spin systems within the same pulse sequence. Sodium was selected as the main 
measurement nucleus and 1H as the second transmit nucleus.
All experiments were performed on a 3 T clinical MRI scanner equipped with 
multinuclear option (Tim-Trio, Siemens Medical Solution, Erlangen, Germany). The 
multinuclear option equips the scanner with a narrowband 1H RF amplifier, a broadband 
RF amplifier, and a switch box that can switch between the 1H and the broadband RF
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amplifiers. The broadband RF amplifier is used for nonproton RF transmission and the 
main baseband 1H RF amplifier is used for proton RF transmission. The baseband and 
broadband signals are combined into a single transmit channel that is supplied to the RF 
coil. IDEA (Siemens Medical Solution, Erlangen, Germany), a development 
environment for pulse sequence and image reconstruction software, was used for pulse- 
sequence programming.
5.3.1 Dual-Resonant H/ Na Coil
1 23 23A custom-made H/ N  coil was used consisting o f a single Na loop concentric
1 1 23with a single H loop (264) (Figure 57). The mutual inductance between the H and Na 
loops is reduced through a single passive resonant trap in each coil (Figure 57B). Both
1 23the H and Na loops are single-turn coils built using 10 mm wide copper tape placed on
23a 65 mm tall 133 mm diameter acrylic tube. The Na loop was positioned so that it
1 23would surround the center o f the breast with a 10 mm gap between the H and Na loops.
The coil assembly was placed over a hemispherical fiberglass former. During 
experiments, the coil was placed in a support structure (264,266) such that the subject 
could lie prone, head first on the scanner table, to reduce respiratory and other motion 
artifacts. The support structure consists of an acrylic ramp, a flat carbon fiber board that 
holds the coil, and a head rest. The entire setup is padded for subject comfort during 
scanning.
5.3.2 Transmit/receive (TR) Switching
1 23Transmit switching for both H and Na channels was done using a dual-resonant 
TR switch (Stark Contrast, Erlangen, Germany) that uses passive traps to separate the 1H
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23and Na transmit frequencies. The TR switch contained two connectors for
1 23transmit/receive on both H and Na channels for standard nonsynchronous single­
frequency operation.
Because the dual-resonant TR switch is still intended for use without losing 
current imaging functionality, an additional 1H TR switch was placed between the 1H 
output o f the dual-resonant TR switch (Figure 56A) and coil. The 1H TR switch was
1 23added to direct the H NMR signal onto the Na receive channel, down-convert and
1 23receive the H signal at the carrier frequency o f 32.6 MHz (the same frequency as Na) 
through the scanner, without modifying the current hardware. The 1H TR switch 
incorporated standard TR switch circuitry, such as a serial PIN diode, quarter-wave 
cables that were connected by PIN diodes to ground for preamplifier protection, and an 
RF preamplifier (Figure 56B). The host MRI system provides DC biasing that is 
controlled with coil-control files, to switch the 1H PIN diodes. During 1H transmit, a 
forward-bias current (+100 mA) shorts the PIN diodes in the 1H TR switch (Figure 56B) 
so that the 1H RF transmit can easily pass through, but is negatively biased during receive 
(- 30V) to ensure that the receive signal is directed to the 1H preamplifier (Figure 56B). 
The inductance o f the RF chokes (L in Figure 56B) used to pass DC bias is 15 ^H; the 
capacitor values (C in Figure 56B) to block the DC bias are 15 nF.
During 1H reception, the 1H signal is (i) amplified by a 24 dB preamplifier 
(Advanced Receiver Research, Burlington, CT, USA), (ii) converted to 32.6 MHz using 
an RF mixer (ZAD-1, Mini-Circuit Inc., Brooklyn, NY) by mixing a 90.6 MHz sine wave 
from a precision frequency synthesizer (SG382, Stanford Research Systems, Sunnyvale, 
CA), which is synchronized using a 10 MHz clock signal from the host MRI system, and, 
(iii) filtered using a low-pass filter to pass the 32.6 MHz signal only (Figure 56a). The
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23 1frequency o f the synthesizer is determined by subtracting the Na frequency from the H 
frequency, which is explained in the Appendix. The resultant 1H signal at the carrier
32frequency o f 32.6 MHz is then (iv) attenuated and (v) fed into one o f the Na receive 
channels (258).
5.3.3 Pulse Sequence
23Synchronous imaging o f Na occurred with a standard gradient-echo (GRE) for
23 1 1 23Na, and a GRE or spin echo sequence (SE) for H, with both H and Na transmit and 
receive occurring in the same sequence (Figure 58). RF and gradient pulses for 1H
23imaging were added prior to the Na excitation RF pulse, so that the pulse sequence for
23 23Na imaging is not altered at all. The zeroth moment o f the gradient pulses for Na 
slice-selection is compensated in the refocusing gradient o f the 1H slice-selection.
1 23Sampling for both H and Na at the carrier frequency o f 32.6 MHz occurred
23 1simultaneously on two Na channels, regardless o f whether a H pulse recently occurred.
1 23Figure 58A shows the pulse sequence for the H SE and Na GRE imaging.
1 23Because a longer repetition time is desired for the H SE acquisition than that o f the Na
23 1GRE acquisition, multiple Na acquisitions occur between the H acquisitions, while the 
1H longitudinal magnetization is relaxing toward thermal equilibrium. In this example,
1 23the repetition time for H MRI is an integer multiple o f the Na-TR. Between two 
adjacent acquisitions o f 1H imaging data, measurement o f 1H FIDs with very low-angle 
( ~ 5o) is repeated to acquire a 1H phase reference echo. This reference echo is used to
23correct phase errors, as detailed below. Note that the Na phase reference echo is not 
useful for phase error correction because o f its low SNR. The dual-nuclear imaging of 
1H/23Na GRE requires disabling the 180o RF pulse, slice-selection and crusher gradients.
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Although the external synthesizer was synchronized with the host MRI system 
using a 10 MHz reference signal, the single stage mixing introduced a systematic and 
incremental phase-error into the 1H channel data (Figure 59A). This systematic phase- 
error was straightforward to correct using the 1H phase reference echoes, which are
23simultaneously acquired for each Na FID.
1 23Gradient spoiling occurred after each H or Na signal and phase stabilization
23 1acquisition. Gradient spoiling between Na acquisitions did not affect H image data; 
the 1H image data were acquired immediately after 1H transmit, prior to any gradient 
spoiling in that TR, and 1H acquisition did not occur until the next 1H-TR.
5.3.4 Postprocessing Using Phase Reference Echoes
1 23The H/ Na image data were transferred to and processed on an offline computer. 
For each 1H imaging echo, the systematic phase error, 9, was estimated at the peak of the 
1H phase reference echo, and subtracted from the 1H imaging echo by multiplying by 
e ~10 (267,268). Note that the phase of the 23Na signal is not affected by this systematic 
phase in the 1H data.
5.3.5 MRI Experiments
1 23Using the additional hardware shown in Figure 56 and the synchronous H/ Na
1 23MRI pulse sequence, H and Na MRI images were acquired of a cylindrical phantom. 
The phantom contained three cylindrical tubes with different concentrations of MnCl2 
and NaCl (0.4 mM M nCh and 300 mM NaCl, 0.2 mM MnCh and 150 mM NaCl, 0.1 mM 
MnCl2 and 75 mM NaCl). The liquid surrounding the tubes contained 0.2 mM MnCl2 and
150
no NaCl.
1 23For synchronous phantom imaging using a 3D H-GRE and Na-GRE, the 
imaging parameters were: 1H/23Na-TR = 50/50 ms, 1H/23Na-TE = 7.27/2.25 ms, 1H/23Na- 
flip angle = 25°/70°, 1H/23Na field-of-view (FOV) = 118/448 mm, 1H/23Na-voxel size =
3 1 230.9/3.5 mm isotropic, H/ Na averages = 5/5, acquisition matrix = 256x128x40 with 6/8 
asymmetric sampling along phase-/slice-encoding directions and 5/8 asymmetric 
sampling along the readout direction, bandwidth (BW) = 500 Hz/pixel, and a total scan
23time = ~ 21 min. This experiment is equivalent to acquiring separate Na-GRE images 
and 1H-GRE images that would have taken ~ 21 minutes each.
Human imaging of a normal, healthy human female volunteer was conducted after 
informed consent and with approval of the local institutional review board (IRB). Images 
were acquired in the sagittal plane with the read-out along the AP direction to reduce 
motion artifacts.
1 23Two in vivo experiments were performed: (1) a synchronous H-GRE and Na- 
GRE with an equal 1H-TR and 23Na-TR; and (2) a synchronous 1H-SE and 23Na-GRE 
with an unequal 1H-TR and 23Na-TR. For 3D 1H-GRE/23Na-GRE synchronous imaging, 
the scan parameters were: 1H/23Na-TR = 50/50 ms, 1H/23Na-TE = 7.8/2.0 ms, 1H/23Na- 
flip angle = 18°/63°, 1H/23Na FOV = 118/448 mm3, 1H/23Na-voxel size = 0.9/3.5 mm3 
isotropic, 1H/23Na averages = 6/6, 1H/23Na-matrix size = 256x128x64 with 6/8 
asymmetric sampling along phase-/slice-encoding directions and 5/8 asymmetric 
sampling along the readout direction, bandwidth (BW) = 500 Hz/pixel, and a total scan
1 23time = ~ 23 min. 3D H-SE/ Na-GRE synchronous imaging was performed using 
similar acquisition parameters to those for 3D 1H-GRE/23Na-GRE, except for 1H-TR/TE 
= 250 /12.4 ms, 1H-flip angle = 90°, 1H averages = 1, and with a 1H-phase reference pulse
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of 5°, and a total scan time = ~ 19 min.
5.4 Results
5.4.1 Phantom Studies 
Figure 59a indicates the phase at the peak o f the first 90 1H phase reference 
echoes. The magnitude and phase images of the center slice are shown without (Figure 
59B,C) and with (Figure 59D,E) correcting systematic phase-error, respectively. Gibb’s 
ringing artifact is visible along both vertical and horizontal directions due to phase- 
encoding with a low (128) resolution.
1 23 1The H/ Na dual-nuclear MRI obtained H-GRE images synchronously with
23 23Na-GRE images (Figure 60) of three orthogonal planes. The acquisition of Na data is 
not interrupted by synchronous 1H imaging. The 1H images show T1 contrast among 
different MnCl2  concentrations.
The full FOV is shown in the 1H images in all planes in Figure 6. Because the 1H
23and 23Na signals are acquired using the same gradients for readout and phase-encoding, 
the 1H image data have a 3.8 times higher resolution and smaller FOV due to the ratio of
1 23the H and Na gyromagnetic ratios (=ym /y23 Na).
5.4.2 In Vivo Human Breast Study
1 23Figure 61 shows the result o f a synchronous H/ Na o f the breast o f a healthy 
volunteer. Both GRE and SE sequences were performed for acquisition o f conventional
1 23H images. Synchronous Na-GRE imaging was performed throughout the duration of 
both o f these 1H sequences.
1 23 1Imaging was also demonstrated using a H-TR equal to the Na-TR during H-
GRE, and unequal during 1H-SE.
The images are quite noisy compared to the phantom study, as a noncentric
23Cartesian trajectory was used for Na image acquisition for simplicity. To improve the
23quality o f the in vivo Na acquisition, a centric trajectory such as 3DPR (78), 3D TPI 
(269), or 3D cones (79) should be implemented with the technique. However, the 
inclusion o f such a trajectory in this preliminary proof-of-concept work would have 
introduced unnecessary complexity in the initial experimental design. Despite the
1 23inhomogeneities in the H-SE image and the poor SNR of the Na-GRE images,
1 23synchronous H and Na imaging has been shown here, demonstrating the ability to
1 23remove sequential H and Na imaging.
5.5 Discussion
1 23We have demonstrated synchronous acquisition o f both H and Na nuclei on a 
clinical scanner, in what normally would require twice the scan time for the same
1 23sequential acquisitions. The most important advantages o f using synchronous H/ Na- 
MRI are the substantial reduction o f acquisition time for acquiring image data from both
23 1nuclear species and improving the direct correlation between the 23Na and 1H data. As
23one o f the major limitations o f in vivo 23Na-MRI is its long acquisition time, mainly due
23 1 23to low in vivo Na concentrations, synchronous H/ Na MRI may greatly improve the
23 1 23practical applications o f Na-MRI. Synchronous H/ Na MRI may potentially improve 
the diagnosis o f breast cancer, cartilage evaluation, and other diseases, by obtaining 
additional information to standard 1H imaging, without requiring additional scan time.
Although synchronous dual-nuclear MRI/MRS can be achieved using an MRI or 
NMR system equipped with multiple physical transmit/receive channels and/or with
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internal hardware modification with an appropriate pulse sequence, as reported by Keupp 
(265), dual-nuclear MRI was performed by adding external conversion hardware, without 
modifying any internal hardware of the clinical MRI system. The modifications for 
synchronous acquisition demonstrated in this paper are relatively minor, requiring only 
additional standard RF receive hardware, a mixer, a frequency synthesizer, and a 
multinuclear sequence.
23During the lengthy scans that often occur for Na imaging, the subject may
23 1 23 1move, reducing the quality o f Na data. By using synchronous H/ Na-MRI, the H
23phase reference FID could be used to correct the phase error in Na FIDs that may be
23induced by eddy-currents and small motion, which is not easily done using Na data
23 1 23alone due to N a’s low intrinsic SNR. H/ Na-FID data with severe corruption by the 
subject’s motion can be identified using the 1H-FID and excluded from processing. By
1 23using this H phase reference echo in real-time self-gated Na-MRI, the phase and 
magnitude o f the phase reference echo peak would be calculated. The phase and 
magnitude would then be compared to those of the reference echoes to determine if the
23 1Na and H imaging echoes are corrupted by the subject’s motion, which then would be 
rejected and reacquired (270). This method requires accurate estimation of the 
systematic phase increment.
Although the current work has demonstrated some flexibility in imaging 
parameters, some parameters must be identical using this setup, such as receiver 
bandwidth and FOV, because both NMR signals are simultaneously sampled within the 
same acquisition window. The FOVs can be completely independent by applying
23additional gradients prior to 23Na excitation, which adds or subtracts the phase-encoding 
gradient appropriate for the 1H-FOV. The restriction in other imaging parameters may be
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completely removed by interleaving the acquisitions between two nuclei with a minor 
cost in time efficiency.
1 23 23As a result o f simultaneous H/ Na acquisition, the Na-FOV is 3.8 times the
1 1 23H-FOV, and the H resolution is 3.8 times the Na resolution. This result can be very 
practical and useful for many sequences, as 1H imaging occurs at a typically higher
23 23 1resolution than Na imaging because the Na-SNR is much lower than the H-SNR.
23Enlarging the Na-FOV is equivalent to signal averaging, which is typically performed
23 23in Na imaging. In other words, increasing the FOV of the Na image by a factor of 
four is equivalent to performing four signal averages over the original FOV, from the
23 1standpoint o f SNR. The constraint on the ratio o f Na to H FOV and resolution thus
23 1fits very naturally into the typical parameters for both Na and H imaging.
This study demonstrates proof-of-concept synchronous imaging, as several
23 23refinements are possible to improve the Na image quality. The Na images were 
obtained with a conventional GRE Cartesian k-space acquisition. Because o f the very 
short T2* relaxation time o f sodium, Cartesian k-space acquisition results in much lower 
signal than other acquisition schemes, such as 3DPR (78), 3D TPI (269), or 3D cones
23 23(79). The SNR of the Na images can also be improved by the use o f a Na phased 
array coil, as demonstrated in (264). In our current implementation, we use only two of
23the receive channels of our scanner. One channel receives the 23Na signal directly, while
1 23 23the second receives the H signal mixed down to the Na frequency. Additional Na 
receive channels in the existing scanner hardware can be used to accommodate a phased
23array Na receive coil. Additional mixers could also be used to down-convert multiple
1 23H channels to Na frequency, so that synchronous imaging could occur on a composite
1H/23Na array for better SNR of both nuclei (264).
155
The current mixing scheme for 1H-data in the receive data causes a consistent, not 
random, phase error along the increasing FID numbers. This systematic incremental 
phase-error was small as the synthesizer frequency is accurately set to match the down- 
converted 1H signal to the carrier frequency. The systematic phase-error caused by 
down-conversion was straightforward to estimate and correct using the 1H phase 
reference signal during the postprocessing.
An RF mixer is not a power device, which generally adds noise. However, the 
SNR of the measured NMR signal may be degraded during the mixing process, because 
the synthesizer signal for demodulation may carry extra noise into the local-oscillator 
port. This noise may be completely or partially reduced by transmitting the synthesizer 
signal via the optical cable, for instance using an RF-over-fiber link.
Synchronous dual-nucleus MRI can be used to study the NMR characteristics of
31 13 19other nuclei, such as P chemical shift imaging, C MR spectroscopy and F MRI. For 
instance, 19F MRI is being considered as an alternative method to study drug delivery 
using a fluorinated compound with a large number of 19F atoms with a single chemical 
environment (271,272).
5.6 Conclusions
23 1Synchronous Na and H image acquisition is very attractive due to the
23 1significant decreases in scan time when compared to sequential Na and H imaging. In
23addition, synchronous MRI is attractive for improving the correlation between 23Na and 
1H data. This work demonstrates a viable technique to acquire dual-nuclear image data 




lH /23N a Tx












| 123 MHz 
Mixer 
f  91 MHz
Syn thesizer
DC






• • • 23 1 •Figure 56. Electronics used to acquire synchronous Na/ H images. (A) 
Transmit/receive hardware for both 1H and 23Na. Arrows indicate transmit / receive
1 23pathways. The host system provided both H and Na transmit pulses through a single 
channel, which passed through a commercial 1H/23Na TR switch. The 23Na loop
1 23 1connected directly to the H/ Na TR switch; the H channel of the TR switch connected 
to a separate 1H TR switch before connecting to the coil. The second 1H TR switch was 
necessary to redirect the 1H RF for mixing and down-conversion to 32MHz for
1 23simultaneous H/ Na reception. An attenuator is necessary due to the significant signal
23 1 1 1difference between Na and H. (B) TR switch schematic for H. The H signal is 






Figure 57. Dual-resonant coil. (A) Picture o f the dual-resonant sodium/proton coil. (B) 
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Figure 58. Pulse sequence for synchronous GRE or SE imaging. Pulse sequence 
diagram for synchronous imaging o f 23Na-GRE and (A) 1H-SE or (B) 1H-GRE MRI. RF
1 23and gradient pulses for H imaging are applied prior to the Na excitation RF pulse. All 
phase-encoding gradients are rewound just before the acquisition o f the phase reference
23 1 1echo. In (A), multiple Na acquisitions occur between the H acquisitions during H-SE, 
while the 1H signal is relaxing. For 1H-SE, RFa is a 90° pulse and RFb is a 180° pulse.
1 23 23The H gradients before the Na pulse do not affect the Na signal (with sufficient 
spoiling), so that the 1H slice and phase encodes can be independent from 23Na slice and 
phase encodes.
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Figure 59. Phase correction required for synchronous MRI. (A) The phase o f the peak 
voxel is plotted for each phase reference readout. The synthesizer introduces a linear 
increase to the phase, and the difference between the scanner’s frequency for sodium 
detection and the carrier frequency introduces a phase error equal to the absolute value of 
a sinusoid. (B) Magnitude and (C) phase proton image before phase correction. The 
systematic phase increase introduced by mixing causes an artifact similar to ghosting. 




Figure 60. Phantom results of synchronous MRI. (A-C) Proton and (D-E) sodium images 
acquired during a single 20-minute 3D GRE acquisition. Three orthogonal slices are 
shown for both proton and sodium images.
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Figure 61. In vivo results o f synchronous MRI. Synchronous (A) 'H-SE, (B) 'H-GRE, 
and (C) 23Na-GRE images. The 1H-SE and 1H-GRE images were each acquired in 20
23 23minutes, while the Na-GRE image was acquired by averaging the Na data acquired 
during the entire 40 minutes o f 1H imaging (for a total scan time o f 40 minutes). D: The
23 1Na-GRE image overlaid onto the H-GRE image.
CHAPTER 6
A 3 T SODIUM AND PROTON COMPOSITE ARRAY
BREAST COIL
This chapter has identical content to a published paper titled, “A 3 TSodium and 
Proton Composite Array Breast Coil, ” authored by Joshua D. Kaggie, J. Rock Hadley, 
James Badal, John R. Campbell, Daniel J. Park, Dennis L. Parker, Glen Morrell, Rexford
D. Newbould, Ali F. Wood, and Neal K. Bangerter. The paper was first published online 




The objective of this study was to determine whether a sodium phased array 
would improve sodium breast MRI at 3 T. The secondary objective was to create 
acceptable proton images with the sodium phased array in place.
6.1.2 Methods
A novel composite array for combined proton/sodium 3 T breast MRI is 
compared to a coil with a single proton and sodium channel. The composite array
consists of a 7-channel sodium receive array, a larger sodium transmit coil, and a 4- 
channel proton transceive array. The new composite array design utilizes smaller sodium 
receive loops than typically used in sodium imaging, uses novel decoupling methods 
between the receive loops and transmit loops, and uses a novel multichannel proton 
transceive coil. The proton transceive coil reduces coupling between proton and sodium 
elements by intersecting the constituent loops to reduce their mutual inductance. The coil 
used for comparison consists of a concentric sodium and proton loop with passive 
decoupling traps.
6.1.3 Results
The composite array coil demonstrates a 2-5x improvement in SNR for sodium 
imaging and similar SNR for proton imaging when compared to a simple single-loop dual 
resonant design.
6.1.4 Conclusion
The improved SNR of the composite array gives breast sodium images of 
unprecedented quality in reasonable scan times.
6.2 Introduction
Cancer is responsible for a quarter of all deaths in the United States (273). Breast 
cancer is projected to cause 458,000 deaths worldwide with 1,383,000 new cases 
worldwide in 2012 (274). Breast cancer is also estimated to include 29% of all new 
cancer cases in women in the United States during 2012, resulting in 14% of cancer 
related deaths (273). Early detection and improved treatment have increased breast
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cancer survival rates in the United States over the past two decades (273). While proton 
(1H) magnetic resonance imaging (MRI) is used for cancer detection due to its improved 
sensitivity when compared to mammography and ultrasound, 1H-MRI suffers from 
intermediate specificity which can result in false positive studies leading to unnecessary
23interventions (275). Because sodium ( Na) concentration is known to increase in
23malignant lesions when compared to surrounding healthy tissues (247,276), Na-MRI 
may be able to improve specificity, potentially improving evaluation and assessment of 
breast lesions (277).
Sodium MRI shows promise in characterizing and assessing tumor viability 
(178,247), cartilage health (182,183,248,249), renal failure (185,250), tissue damage 
following stroke (186), and multiple sclerosis (187). However, in comparison with
1 23 23conventional H-MRI, Na-MRI is challenging due to relatively low Na concentrations 
in biological tissues, rapid biexponential signal decay, and a low gyromagnetic ratio. 
Despite these challenges, recent improvements in coil and gradient hardware, the 
availability of whole-body scanners with high polarizing field strengths, and the
23development of more efficient pulse sequences have spurred renewed interest in 23Na-
23MRI (178). These advances have enabled the acquisition of higher quality in vivo Na- 
MRI images than previously possible, often within clinically reasonable scan times
23(47,269,278). While 23Na-MRI has become more promising, there is still a need for
23improved image quality and signal-to-noise ratio (SNR) to make quantitative 23Na-MRI 
feasible for many of the clinical applications under consideration.
23Phased array coils can be used to improve the SNR of Na-MRI. This is 
achieved through simultaneous data acquisition from multiple surface coils which have 
inherently increased signal sensitivity and limited noise volume by being placed in close
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proximity to the object or anatomy of interest (18). Specifically designed coil arrays also 
allow reductions in image acquisition time through the application of parallel imaging 
techniques (72,279,280). Phased array coil concepts have been extensively applied to 
1H-MRI coil design (136-139), routinely providing improved SNR and accelerated image 
acquisition (18) compared to that provided by volume coils (135) or other large coils of 
similar area (141). However, phased arrays have not been widely used in nonproton 
imaging, and typically require sophisticated custom hardware for implementation on 
commercial scanners. Despite these challenges, sites with the capability to support 
multichannel nonproton receivers are becoming increasingly common. The first reported 
nonproton phased array was built for phosphorous imaging in 1992 (281) almost a decade
23before the first reported Na array at 1.5 T in 2000 (282). In the past few years, there has
23been a substantial increase in the number of Na coil arrays developed for 3 T (259­
261,283,284), 4T (262), and 7T (263,285,286). Some of these array configurations are
1 23dual resonant, with the ability to image H and Na without repositioning the subject 
(259-263).
This paper presents a new dual resonant breast coil design consisting of a 7­
23 23 1channel Na receive array, a larger Na transmit coil, and a 4-channel H transceive
23array. The new composite array design utilizes smaller Na receive loops than those
23typically used in 23Na imaging. Novel methods are also employed to decouple the 
receive loops from the transmit loops. A novel multichannel 1H transceive coil is
23 1 23superimposed on the Na receive array, and decoupling between H and Na elements is 
achieved by intersecting the constituent loops to reduce the mutual inductance between
1 23the H and Na arrays. The performance of the new array design (both SNR and 
homogeneity) is compared to that of a coil used in prior studies consisting of a single
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23 1Na loop concentric with a single H loop (287,288), both with decoupling trap circuits 
(289-291). Comparisons were performed both in a phantom and in vivo. The new design
23achieves excellent Na-SNR over the sensitive volume while also providing good image 
quality for conventional 1H imaging.
6.3 Methods
23The objective of this study was to determine whether a Na phased array would
23be useful in improving Na-MRI at 3 T. The secondary objective was to create
1 23acceptable H images with the Na phased array in place.
23 1The new dual-resonant Na/ H composite array design is first described,
23 23 1including the Na receive array loops and circuitry, the Na transmit coil, the H 
transceive array elements, the associated transmit and transmit/receive (TR) switches, and
23the decoupling techniques employed. Subsequently, the trap coil consisting of a Na 
loop concentric with a 1H loop is used for comparison. Finally, the phantom and in vivo 
studies are detailed for assessment of coil performance. All experiments were done on a 
Siemens TIM Trio 3 T MRI scanner (Siemens Healthcare AG, Erlangen, Germany).
23 16.3.1 Na/ H  Dual Resonant Composite Array 
The composite array design consists of a hemispherical fiberglass former with
23 1 23seven Na receive loops, four H transceive loops, and a single circular Na transmit 
loop that surrounds the perimeter of the coil (Figure 62A). A patient friendly support 
structure is used to position the coil and subject (Figure 62B) (266).
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236.3.1.1 Na Receive Array
Prior to construction of the Na receive array, multiple 65mm diameter loops 
were tested with different gauge copper wires and capacitor positions. Wire thicker than 
14 AWG was not considered feasible for a receive array with small loops, due to the 
difficulty of using very thick wire for coil construction. The quality factors (Q) (142) of 
these loops were measured using two stationary decoupled magnetic field probes when 
the coil was unloaded and loaded (Table 5). The highest Q-ratios were measured using
14 AWG and 16 AWG wire with two capacitors per loop (Table 5). Because these 
values were similar, the receive array was constructed using 16 AWG wire for its 
increased ease of use when overlapping the coils on the hemispherical former.
23Seven 16 AWG circular Na receive loops were positioned on a hemispherical 
fiberglass former (Figure 62A). Six of the loops are 65 mm in diameter, and surround a 
single 75 mm diameter loop placed at the top of the hemisphere (Figure 63A). Each loop 
was positioned for appropriate overlap decoupling. A loaded isolation (S21) of -18 dB 
was achieved between adjacent coils without preamplifier decoupling. The preamplifiers 
(Stark Contrast, Erlangen, Germany) had a gain of ~35 dB and noise figure less than 0.5 
dB. The change in any receive coil sensitivity (S21) while loaded, measured with two 
decoupled magnetic probes with and without preamplifiers, was 15 dB. Each loop 
incorporates a matching and a tuning capacitor (Series 1111P_P501X, Passive Plus, 
Huntington Station, NY; GYA36000, Sprague-Goodman, Westbury, NY), with combined
23active/passive 23Na decoupling circuitry positioned at the tuning capacitor location 
(Figure 63B). The capacitor values are ~180 pF and ~1000 pF for tune and match 
respectively. The change in loop sensitivity (S21) between resonant and detuned states is 
greater than 45 dB when loaded, when using two decoupled magnetic probes. The
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maximum and average off diagonal noise correlation coefficient was 0.49 and 0.29, 
respectively.
Combined active/passive decoupling is achieved by placing a crossed diode pair 
(MA4P7464F-1072T, Macom, Lowell, MA, USA) in series with an inductor that is 
resonant with the tune capacitor when forward-biased (Figure 63B). Active and passive 
decoupling were combined to simplify the coils by using only one decoupling circuit, 
while maintaining the ability to detune the coil with DC biasing and detune the coil if 
high power RF is used with improper current biasing. The loops remain resonant during 
receive when the diodes are not biased. Each loop is connected to an independent DC 
bias line that provides the 100 mA / 10 VDC or -30 VDC bias current. To avoid biasing 
the crossed diodes with the negative DC bias, a single diode was added into the bias line 
so that only positive DC current can be supplied to the loops (Figure 64A). By 
eliminating the negative DC voltage at the loop, the crossed diodes are not activated 
during receive.
1 23Passive H traps are not used in the Na receive loops because they would 
increase coil resistance, reducing sensitivity. Unfortunately, the match/tune capacitor 
values are too large to implement active 1H decoupling across those capacitors so no
1 23active H decoupling is implemented in the Na loops. Larger coils or decreased wire 
thickness could be used to decrease the capacitor values (Table 5); however, this would
23likely result in reduced 23Na receive sensitivity and the capacitor values would still be too 
large to implement effective active ^-decoupling.
Each receive loop is attached to a 60 cm coaxial cable (< 1/10 of the NMR signal
23wavelength for 23Na at 3 T in the coaxial cable). The long coaxial cable allows the 
receive circuitry to be placed in a convenient location for patient positioning and comfort.
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A Na trap on the coaxial cable shield is used to reduce common mode currents in the 
long cables, and a phase shifter circuit is used to obtain a 180-degree phase shift between 
the coil and preamplifier to achieve preamplifier decoupling (18).
6.3.1.2 23Na Transmit Coil
23The Na transmit coil consists of five co-axial copper loops equally spaced on a 
57 mm tall, 178 mm diameter acrylic tube (Figure 63C,D). The loops are connected at 
their capacitors, making the transmit coil behave like a single-turn solenoid (Figure 
63C,D). The capacitors are distributed along the height of the coil to help evenly 
distribute the current on the cylinder of the coil. The coil has four tuning capacitor 
junctions. The transmit coil was tuned inside a large copper shield that simulated the 
radiofrequency (RF) shield in the bore of the scanner. The capacitor values are ~500 pF 
and ~660 pF for tune and match capacitances, respectively.
Decoupling is achieved by breaking the RF current path with serial diodes in two 
positions. At each of these two positions, four diodes are placed in parallel, equally 
spaced along the acrylic tube to distribute current along the height of the coil. The coil is 
designed so that it is resonant when forward-biased with +100 mA and detuned when 
unbiased. When forward-biased, the coil remains tuned and the diodes remain on even 
when high RF transmit power is used (up to many kilowatts) (48-50). As shown in 
Figure 63D, a fifth diode was placed antiparallel to the original four diodes to protect 
them from large reverse bias voltages that can occur during transmit resulting in 
permanent diode breakdown if not properly forward-biased. Loaded isolation between 
the detuned transmit coil and resonant receive coils was measured to be -39 dB. Loaded 
isolation between the tuned transmit coil and detuned receive coils was -42 dB.
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6.3.1.3 1H Transceive Array
1 23 23The inherent drawback of many H and Na coil configurations is that the Na 
loops have high capacitor values when compared to the 1H loops, creating low impedance
1 23loops at the H frequency. The low impedance Na loops have a shielding effect at the 
1H frequency, resulting in 1H flux blockage (191), which is similar to the effect of a solid
23 1 1conducting copper loop. When a Na and H loop overlap, the H loop will be affected
23 23by the presence of the Na loop to a much greater degree than the Na loop will be 
affected by the presence of the 1H loop. When frequency shift, Q-ratio, and SNR are
1 23 23measured for two overlapping in-plane 65mm diameter H and Na loops, the Na loop 
will have only minor changes (<1%) when a 1H loop is present, regardless of the center- 
to-center coil distance. In comparison, the 1H loop Q-ratio decreases with increasing 
overlap, and 1H frequency greatly increases when the center-to-center distance is less
23 1than one radius. The shielding effects of the Na loops on the H RF can be reduced
23 1substantially by intersecting the Na loops with the H elements (191).
The composite array design employs four local 1H loops arranged as a ladder 
network (292), with a minimum loaded isolation between any two loops of the coil
1 23measured at -9.5 dB. The H loops are positioned over the Na receive array such that
1 23the wire elements of the H loops bisect the Na loops (Figure 62A & Figure 63A). The 
1H loops are mounted 1cm away from the fiberglass former to reduce coupling with the
23 23 1Na loops, to fit over Na loop circuits, and to improve H homogeneity. The tune and 
match capacitors were adjustable (Series 1111P_P501X, Passive Plus, Huntington 
Station, NY in conjunction with Series NMA_HV, Voltronics Corp, Salisbury, MD) so 
that the coil could be tuned/matched without any additional circuitry such as a match 
inductor (18). The capacitors on the shared rungs were used to minimize coupling
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between adjacent loops. The capacitor values are ~30 pF, ~14 pF and ~160 pF for the 
tune, decoupling and match capacitances, respectively.
The 1H transceive loops contain a crossed diode pair that is forward-biased during
1 23H transceive but unbiased during Na transmission and reception (Figure 63E). The 
crossed diode pair allows easy tuning/detuning of the 1H loops for further decoupling
1 23 23between the H and Na loops. The minimum isolation between any Na receive loop
1 23and H loop when the coil was loaded was: -20d B at the Na resonant frequency (32 
MHz) when the 1H loops were tuned, -37 dB when the 1H loops were detuned; -41 dB at 
the 1H resonant frequency (123 MHz) when the 1H loops were tuned, and -75 dB when
1 23 1the H loops were detuned. The isolation between Na and H loops was unchanged
23regardless of whether the Na loops were tuned.
The 1H loops each use quarterwave cables that, when combined with the 
quarterwave cable in the TR switches described below, form a half-wave phase shift 
between the loops and preamplifiers for optimum preamplifier decoupling.
6.3.1.4 Dual Resonant TR Switching
1 23The scanner provides a single transmit port for both the H and Na RF transmit
1 23signal. The transmit RF is passively filtered with the use of H and Na traps (Figure
23 164B) before going into the Na transmit switch or H power splitter (Figure 64C). The
1 23 23filter attenuates the H signal by -39dB on the Na output, and the Na signal by -47 dB 
on the 1H output.
23After the filter, the 23Na transmit signal passes through a large capacitor before
23arriving at the cylindrical Na transmit coil. A DC bias line inserted between the large
23capacitor and transmit coil allows the transmit coil to be biased during 23Na transmit with
172
+100 mA and unbiased during Na receive.
The 1H transmit signal is split across four different ports by using 90° hybrid 
couplers (1J0280-3, Anaren, East Syracuse, NY, USA) to initially divide the signal 
evenly in half, followed by two more hybrid couplers to divide the signal evenly between 
four ports (Figure 64C). The isolation port of each coupler is terminated with 50 Q. 
Between the initial coupler and one of the secondary couplers, an extra cable length is 
added to create a 45° phase shift. The four outputs of the power splitter each have equal 
magnitude but different phase shifts of 0°, 45°, 90°, and 135°. Each output is then 
connected to a 1H TR switch.
The 1H TR switches are different from standard TR switches, in that they 
incorporate a reverse diode where only a standard forward diode would typically be used, 
offering improved protection against incorrect DC biasing (Figure 64D). The TR 
switches are supplied with a forward current during transmit (DC1 in Figure 64D) to 
activate the preamplifier protection circuitry, which consists of a quarterwave cable and a 
diode that is shorted during transmit. A second DC line (DC2 in Figure 64D) was added 
between the TR switch and the loops, so that the 1H loops can be turned on during 1H 
transceive. Large DC blocking capacitors are used to ensure that the DC bias that 
controls the TR switch is independent from the DC bias that controls the loops.
23 16.3.1.5 Na/ H  Dual Resonant Trap Coil
23 1Multiple sodium breast MR studies to date have employed Na/ H dual resonant 
trap coils (287,288). To gauge the performance of the composite array design, the
1 23composite array is compared to a coil with a single H loop concentric with a single Na
23 1loop that is similar to coils used previously in dual resonant Na/ H breast MRI (Figure
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1 2365). Both the H and Na loops are single-turn coils built using 10mm wide copper tape
23placed on a 65mm tall 133mm diameter acrylic tube. The Na loop was positioned so
1 23that it would surround the center of the breast with a 10mm gap between the H and Na
1 23loops. The mutual inductance between the H and Na loops is reduced through a single 
passive resonant trap in each coil (Figure 65B) (289-291). The traps were tuned prior to
23insertion into the coil. The Na loop has four tuning capacitor junctions with ~390 pF 
per junction and a match capacitance of ~600 pF. The 1H loop has three tuning capacitor 
junctions with ~17 pF per junction and a match capacitance of ~42 pF. The 1H trap on
23 23 1the Na loop has a 41 pF capacitor and the Na trap on the H loop has a ~780 pF
1 23 1capacitor. Loaded isolation measured between the H and Na loops was -30.5 dB at H
23 23frequency and -14.5 dB at Na frequency. The low isolation at Na frequency and 
larger isolation at 1H frequency does not completely indicate the effect of each coil on
23 1 1each other, since the presence of the Na coil affects the H-SNR far more than the H
23 1 23coil affects the Na-SNR (191). Switching for both H and Na channels was done 
using a dual-resonant TR switch (Stark Contrast, Erlangen, Germany).
The trap coil was compared to a similar dual-tuned coil without traps and to
1 23single-tuned coils without traps to consider the effects of H/ Na coil coupling at 3 T.
23 23The Na loop on the trap coil received 80% of the SNR of the single-tuned Na coil.
23The SNR performance of the Na loop on the dual-tuned coil that contained no traps had
23 1no detectable difference from that of the single-tuned Na coil. The H loop on the trap 
coil had similar SNR when compared to the single-tuned 1H coil and received 1 to 4 
times the SNR of the dual-tuned coil without traps. The primary advantage of the traps is
1 23 23to improve H-SNR by reducing Na shielding effects, despite the decreased Na-SNR 
caused by the nonzero impedance of the trap (290). When comparing a single resonant
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1H loop to a 1H loop on a dual-tuned coil without traps, the dual-tuned coil will have 
similar 1H-SNR near the 1H loop but will exhibit significant reductions in SNR on the
23opposite side of the Na loop (often losing as much as 75% of the SNR).
Comparisons to the composite array were done with the trap coil design due to the
23trap coil’s use in published Na breast studies (276,287,288). The trap coil is placed 
over a hemispherical fiberglass former similar to the one used with the composite array. 
During experiments, the coil was placed in a support structure (Figure 62B) (266) such 
that the subject could lie prone, head first on the scanner table, to reduce respiratory and 
other motion artifacts. The support structure consists of an acrylic ramp, a flat carbon 
fiber board that holds the coil, and a head rest. The entire setup is padded for subject 
comfort during scanning.
6.3.2 Phantom Studies 
A fast-gradient spoiled sequence using the 3D cones k-space trajectory was used
23to image Na in a 10cm diameter spherical NaCl/CuSO4 phantom (278). The 3D cones 
sequence consists of spirals that follow a cone-like trajectory, using cones of many 
different shapes and sizes to fill k-space for a given resolution and field-of-view (FOV). 
The 3D cones sequence is used to minimize image blurring and signal loss caused by the
23short T2* of Na as the trajectory achieves more efficient k-space coverage than radial 
acquisition trajectories and samples the signal before significant T2* decay. (79)
Phantom studies were conducted with the composite array fully assembled. A 
spherical phantom with concentrations of 12 mM CuSO4 and 150 mM NaCl were used. 
The 3D cones scan parameters were: TR/TE = 50/0.27 ms, flip angle = 70°, voxel size = 
2.5x2.5x2.5 mm, FOV = 22.5 cm, cones = 143, shots = 1378, readout time = 9.0 ms,
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averages = 75, with a total scan time of ~1.5 hours. A long scan time was chosen to 
produce images of very high SNR for the phantom study. A 2D GRE sequence was used 
to image 1H with the following scan parameters: TR = 1000 ms, TE = 3.28 ms, flip angle 
= 45°, voxel size = 1.0x1.0x3.0 mm, FOV = 250x125x3 mm, averages = 4, total scan 
time of ~8.5 minutes. All scans were acquired in both the sagittal and axial planes and 
repeated with both the composite array and trap coil. The final SNR values of the 
composite array were calculated using the root sum-of-squares from images of the 
individual coil elements normalized by their noise (18). For statistical analysis of the 
phantom studies, the FOV was segmented into three regions: [1] a hemispherical region 
expected to contain the breast tissue of interest (referred to as the volume of interest, or 
VOI), [2] a region of background noise with no signal-yielding tissue, and [3] a signal- 
yielding region outside the VOI. Signal homogeneity and SNR were evaluated across the 
VOI.
While resolution is determined by the point-spread-function of a sequence and not 
determined by a coil, a resolution phantom was scanned to demonstrate the strength of 
this setup. The resolution phantom was 3D printed with varying line thicknesses 
between 1.25 mm and 3.0 mm (Figure 67A,B). The 3D print was inserted into a 
hemispherical mold that was filled with water, 12 mM CuSO4 and 150 mM NaCl.
23Coronal 23Na images were obtained with 3D cones using the following scan parameters: 
TR/TE = 40/0.27 ms, flip angle = 70°, voxel size = 1.25x1.25x4 mm, FOV = 22.4 cm, 
cones = 80, shots = 1078, readout time = 8.2 ms, averages = 20, with a total scan time of 
~20 minutes. A 3D GRE sequence was used to obtain coronal 1H images with the 
following scan parameters: TR = 15 ms, TE = 5.75 ms, flip angle = 25°, voxel size =
0.23x0.23x0.7 mm, FOV = 180x123x73 mm, averages = 1, total scan time of ~14
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minutes.
Transmit flip angle (B1) maps of the 1H transceive loops were obtained using the 
dual angle method (225) using a GRE sequence repeated in both the sagittal and axial 
planes, with scan parameters: TR = 1000 ms, TE = 3.28 ms, FOV = 250x125x3 mm, 
voxel size = 1.0x1.0x3.0 mm, flip angle = 45°/90°, averages = 4, total scan time = 17 
minutes.
23B 1 maps of the Na transmit coil were obtained using the phase sensitive method 
(104,108). Sodium B 1 mapping scan parameters were: TR = 100 ms, TE = 15 ms, FOV 
= 386x145x108 mm, resolution = 128x48x36, voxel size = 3.0 mm isotropic, averages =
30, readout bandwidth = 166 Hz/pixel, EPI factor = 3, total scan time = 58 minutes. The
23high number of averages used for the Na phantom experiment was used to achieve high 
SNR for the comparisons.
6.4 Human Imaging Studies 
Human imaging studies were conducted after informed consent and with approval 
of the local institutional review board (IRB). A fast-gradient spoiled sequence using the
233D cones k-space trajectory was used for Na imaging in the breast of a normal 
volunteer (278), with the following scan parameters: TR/TE = 40/0.27 ms, flip angle = 
70°, voxel size = 1.25x1.25x4 mm, FOV = 22.4 cm, cones = 80, shots = 1078, readout 
time = 8.2 ms, averages = 20, with a total scan time of ~20 minutes. A standard 1H GRE 
acquisition was performed to compare 1H-SNR. The GRE scan parameters were: TR =
11 ms, TE = 4.7 ms, flip angle = 15°, voxel size = 0.90x0.90x1.2 mm, FOV = 
172x172x88 mm, 1 average, with a total scan time of ~3 minutes. To generate water and 
fat images using 3-point Dixon, the same 1H GRE acquisition was performed at TE =
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5.75 ms and TE = 6.8 ms. All scans were repeated with both the composite array and 
trap coil. Images were acquired in the sagittal plane. The volunteer was moved when
23 1switching coils but not between Na and H scans. The final images were combined 
using root sum-of-squares of the individual coil element magnitude images with 
normalized noise floors (18). The FOV was large enough so that the noise floors could 




23Within the VOI of the phantom, the composite array had a mean Na-SNR of
23123±43 and the trap coil had a mean Na-SNR of 29±8. An image comparing the central
23sagittal slice shows an improvement in Na-SNR by a factor of five near the expected 
location of the nipple, and a factor of three or more across most of the remaining breast 
volume (Figure 66). A histogram created from the voxels within the VOI (Figure 66D)
23shows that while the spread of Na-SNR values is much larger using the composite
23array, the dramatic improvements in Na-SNR are also clearly evident.
23The 1.25 mm thick lines are distinguishable on the Na images using the 
resolution phantom (Figure 67C).
236.5.1.2 23Na Homogeneity
23 23Flip angle maps for 23Na excitation using the 23Na transmit and receive loops are
shown in Figure 69. Reasonable homogeneity is observed across the VOI, although some
variation is observed, particularly in the center of the coil near the nipple and toward the
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edges of the breast.
6.5.1.3 1H-SNR Performance
The composite array had a mean 1H-SNR of 725±494 and the trap coil had a 
mean 1H-SNR of 530±224. The 1H-SNR in the composite array relative to the trap coil 
improved by roughly a factor of two near the 1H loops, although it decreased by 20% 
near the center of the breast phantom (Figure 70A-C).
6.5.1.4 1H Homogeneity
The composite array had a mean 1H flip angle of 48±19° and the trap coil had a 
mean 1H flip angle of 44±12° in the signal-yielding region in the central sagittal slice. 
The composite array obtains adequate homogeneity in the VOI for GRE images. There is
23some transmit B 1 focusing near the center of the Na loops and transmit B 1 shielding
23where the 23Na loops overlap (Figure 70E).
6.5.2 Human Imaging Studies
6.5.2.1 23Na-SNR Performance
Sodium SNR improvements similar to those seen in the phantom study were 
observed in vivo in a normal human volunteer using the composite array (Figure 71A,C). 
The fibroglandular tissue in the central sagittal slices of the composite array had a mean 
23Na-SNR of 30±18 and the trap coil had a mean 23Na-SNR of 8±3. Improved 23Na-SNR 
is evident with noticeably improved depiction of small anatomic features within the
23breast (Figure 72A). The composite array obtains excellent Na-SNR over the entire 
VOI (Figure 72A).
6.5.2.2 1H-SNR Performance
Both the trap coil and the composite array obtain good 1H images (Figure 71B,D). 
The signal-yielding region of the breast in the central sagittal slices had a mean 1H-SNR 
of 32±10 using the composite array and a mean 1Ha-SNR of 24±7 using the trap coil. 
The in vivo 1H-SNR in the composite array was double that of the trap coil on the edges 
of the breast and similar throughout most of the breast.
6.6 Discussion
23The composite array obtains a 2-5x increase in Na-SNR, which is a substantial 
improvement over anything that has been obtained in the past by single channel coils 
used in many 23Na breast studies (247,276,287,288). A 2-5x increase in 23Na-SNR 
translates to a 4-25x decrease in scan time for a given resolution, which can make a
23 23dramatic impact on the use of Na-MRI, improving the clinical feasibility of breast Na- 
MRI. The in vivo sodium breast images show a level of detail and structure not 
previously achieved, demonstrating imaging at a 1.25x1.25x4 mm nominal voxel size at 
3 T in a scan time of only 20 minutes.
23The high Na-SNR images of the breast were obtained by using a receive array of 
small receive loops that are well decoupled from a large, homogeneous transmit coil
23during both transmit and receive. Although the Q-ratios of the 23Na composite array 
receive loops (Q-ratio = 1.5) would typically be considered low (293), the loops were still
23very effective in improving Na-SNR.
1 23Superimposing and intersecting the H loops with Na loops in this array design
23 1preserves the high SNR of the Na receive array while achieving acceptable H image 
quality. While the composite array has some 1H transmit inhomogeneities due to the
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presence of the Na receive array, the sensitive volume is reasonably homogeneous 
(Figure 70E). Although not presented in the paper, when the scanner’s body coil or a
1 23smaller 135mm circular coil was used to image H with the Na receive array in place, 
the 1H images contained signal focusing and signal voids worse than those shown on the 
1H-B1 maps of the composite array. A larger 1H transmit array will not be more 
homogeneous, since most of the inhomogeneity arises from the shielding effects of the
23 1Na loops. A H ladder coil with more elements should also be investigated as this 
should improve 1H-SNR due to the smaller 1H elements. The quality of the 1H images 
produced by our current coil design may not be sufficient to replace a conventional 1H 
coil for routine breast MRI, but the 1H-SNR is currently sufficient for registration
23 1 23 1between Na and H images. A single coil capable of both Na and H examination 
with no sacrifice in 1H image quality compared to commercially available 1H coils is the 
ultimate goal of this work, and this will guide future refinements to the current coil 
prototype.
The coil has similar safety concerns and benefits when compared to other 
transceive coils used at 3 T, such as transceive birdcage coils that have high RF voltages 
relatively close to the subject. Following similar design principles for birdcage coils, the 
electronics are well insulated and are positioned at a reasonable distance from the subject.
1 23 1The increased flip angles for H near the Na loops suggests that only low flip angle H 
sequences should be used to avoid heating the subject. Future versions of the coil will
23 1address the increased RF deposition near the Na loops by either including H traps on
23 1the Na loops, or by using more H transceiver segments to reduce the RF focusing
23caused by the Na loops. The use of a transceiver array will result in less RF deposition 
into the body overall, due the relatively small size of the transceiver array when
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compared to the scanner’s body coil.
23Further improvements to Na-MRI using the composite array are still possible. 
Some improvements include shorter cables between the receive loops and preamplifiers, 
resulting in reduced cable interactions with the 1H signal; improving preamplifier 
decoupling; and fiberglass formers that conform better to different breast sizes and
23shapes. It is uncertain whether the decrease in the transmit Na-B1 near the nipple 
results from the decoupling circuits (Figure 69). If from the decoupling circuits, placing
23the decoupling circuits at any other location where less Na-SNR is obtained may not be
23desirable. Better Na image quality could likely be obtained using a more optimal multi­
coil image reconstruction with noise decorrelation (18,286).
23Future work will explore whether higher Na resolution can improve detection
23and evaluation of breast cancer in vivo (277). The improvements in Na-SNR will allow
23better Na T1 and T2* measurements for the evaluation of lesions, although quantitation 
of sodium concentrations is still desirable. The experiments in this study did not
23demonstrate the accuracy with which quantitative measurements of 23Na concentration
23could be obtained. The low Q-ratios of the Na loops suggest that the loops are 
relatively insensitive to changes in loading (293), so that field profiles obtained with a
23phantom may potentially be used for accurate quantitation. If necessary, a Na transmit 
flip angle map could be acquired within a few minutes for transmit field correction (108). 
Receive field profiles could potentially be corrected using sensitivity encoding (SENSE) 
reconstruction techniques that use the central regions of k-space to estimate coil 
sensitivities (286,294,295).
The described breast coil is unilateral. However, implementation of a bilateral
2323Na receive array for simultaneous imaging of both breasts would be relatively
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straightforward. Due to the small diameters of the Na loops, the separation between the 
left and right coil receive elements is expected to be sufficient to avoid any significant 
loss in performance of a bilateral design vs. the demonstrated unilateral design. Bilateral 
sodium breast imaging is feasible without additional loss in scan time due to the large
23number of averages typically performed in Na imaging. Increasing the FOV has the 
same SNR advantage as signal averaging, so in any scenario in which signal averaging is 
needed, the FOV can be increased without a scan time penalty. For instance, doubling 
the imaging FOV and reducing the number of averages by a factor of two does not 
change scan time, resolution, or SNR efficiency.
6.7 Conclusions
23This work has demonstrated a 2-5x increase in Na-SNR using a novel composite 
array coil design compared to a single-loop trap coil design, significantly improving
23breast 23Na-MRI image quality at 3 T. The coil demonstrates an array superposition
1 23technique that can improve decoupling between H and Na array coils, so that excellent
23 1Na and good H images can be obtained without repositioning the subject. The
23 23improved SNR of the Na composite array gives breast Na images of unprecedented
23quality in reasonable scan times. High quality Na images of the breast may improve the 




• * 1  23 23 1 •Figure 62. Composite H/ Na breast array. (A) Na/ H dual resonant multichannel 
composite array. (B) Complete (unpadded) patient setup on the scanner table, with a 10 
cm spherical phantom placed in the hemispherical fiberglass former. An acrylic ramp 
and board supports the patient in the prone position. The RF Tx/Rx circuitry is between 






Figure 63. Illustrations of composite array coil. (A) Top view schematic of the composite 
array coil layout. The proton coil layout is shown in red / dashed. The sodium loops are 
shown in black / solid. (B) Circuit diagram of the 23Na receive loops. (C) Schematic of
23the single channel Na transmit coil. (D) Enlarged view of the decoupling circuitry for 
the transmit coil. (E) Warped schematic of the 1H transceive loops. The capacitors for 
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Figure 64. Circuit diagram of transmit/receive electronics. (A) Circuit diagram of the
23Na receive loops and hardware. The active/passive trap was forward-biased during 
23Na transmit, detuning the receive loops. The phase shifter completed a half-wave phase 
shift between the coil and preamp for preamp decoupling of the loop during the receive 
portion of the pulse sequence. (B) Traps were used to filter the H and 23Na Tx RF 
signal. (C) The 1H 4-way power splitter used three 90° hybrid couplers and a coaxial 
cable phase shifter to split the transmit power evenly between each element of the 1H 
transceive array, with each element transmitting at a different phase. (D) The TR 
switches for the 1H TxRx loops had DC1 forward-biased during transmit, while DC2 was 
forward-biased during 1H transmit and receive.












• 1 23 • • • 23 • 1Figure 65. A H/ Na trap coil. (A) Picture of the single Na and single H loop trap 
coil. (B) Circuit diagram of either 23Na or 1H loop on the trap coil.
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D. Histogram of 23Na Voxel SNRs in VOI
SNR
Figure 66. Phantom SNR plots of the sodium channels. Phantom sodium SNR maps of 
the central (I) sagittal and (II) axial slices using the (A) composite array and (B) trap coil. 
(C) Ratio of the composite array to trap coil SNRs. (D) Histogram of sodium voxel 
SNRs obtained from the VOI within the phantom comparing the trap coil (blue) and 
composite array (red).
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Figure 67. Resolution imaging results. (A) Layout of the lines and gaps in the resolution 
phantom, with sizes indicated on the schematic. (B) Photograph of the 3D print that was 
inserted into the phantom solution. (C) Sodium image obtained with the composite array 
in ~20 minutes. The 1.25 mm lines of the phantom are distinguishable on the sodium 
image. (D) Proton image obtained with the composite array.
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Figure 68. Noise correlation matrix of the sodium receive array.
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Figure 69. B 1 plots of the sodium transmit coil. (A) Axial, (B) sagittal, and (C) coronal 
sodium transmit flip angle maps of the central slices from the composite array.
A. Trap Coil B. Composite Array C. Ratio
D. Histogram of 23Na SNRs in VOI
O 5 10 15 20 25
SNR
1*100)
Figure 70. SNR and B 1 plots of the proton channels. Proton SNR maps of the central 
sagittal slice using the (A) trap coil and (B) composite array. (C) Ratio of the composite 
array to trap coil SNRs. (D) Histogram of proton voxel SNRs obtained from the phantom 
comparing the trap coil (blue) and composite array (red). Flip angle maps of the (E) trap 
coil and (F) composite array.
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Sodium Proton
Figure 71. In vivo sodium and proton SNR comparison. In vivo (A,C) sodium and (B,D) 
proton breast images of a normal volunteer obtained using the (A,B) trap coil and (C,D) 
composite array.
A. Sodium
Figure 72. In vivo images from the composite array. Multiple slices of in vivo (A) 
sodium, (B) water, and (C) fat breast images of a normal volunteer obtained using the 
composite array. The (B) water and (C) fat images were obtained using 3-point Dixon.
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Table 5. Capacitor values and Q-factors for 65 mm diameter resonant loops at 32.60 
MHz. Q-unloaded, Q-loaded, and Q-ratio were measured using two stationary magnetic 
probes and are displayed for 65 mm diameter coils with different wire thicknesses and 








20 (thin) 3 391 222 161 1.38
20 2 268 213 160 1.33
16 3 465 263 179 1.47




The introduction to this dissertation provided historical background to MRI. The 
introduction then discussed basic imaging techniques, including the basic principles for 
imaging with a GRE sequence and using that sequence for B0 field mapping and for flip 
angle mapping. The introduction also gave a background to the electromagnetic and 
electronic analysis that can be used in the creation of RF coils for transmission and 
reception of the MRI signal. The background discussed basic coils used for MRI. The 
introduction discussed experiments and simulations of sodium and proton coils that are 
used together.
A small animal RF coil array was developed, with unique transmit coil detuning 
techniques, in conjunction with an insertable gradient, that achieved 100p,m cochlea 
images from a live rodent. The insertable gradient, when combined with the body 
gradients, resulted in double the body gradient strength, slew rate, and contrast-to-noise 
ratio. The transmit-only and receive phased array coils, integrated with the composite 
gradients enabled further image improvements, and had twice the signal-to-noise (SNR) 
when compared to the smallest conforming birdcage.
BOLD MRI T2* measurements were compared with an invasive oxygen probe for
an initial evaluation of the accuracy of renal BOLD MRI. Hardware was developed for 
the acquisition of 1 Hz renal oxygenation data inside of an MRI scanner. Invasive 
oxygen probes were surgically inserted into a live pig kidney. The probes were protected 
by hardware developed in lab. Oxygen probe measurements were acquired 
simultaneously with both BOLD MRI and the invasive oxygen probes. This system 
demonstrated an r-value correlation of 0.6 between T2* and pO2. The significance of this 
experiment is that it demonstrated previously unknown physiological effects on pO2, such 
as breath-holds that had an immediate (<1 sec) pO2 decrease (~6 mmHg), and bladder 
pressure that had pO2 increases (~6 mmHg). These pO2 differences are on the same order 
as the differences with the administration of furosemide, which, in conjunction with renal 
BOLD MRI, is being investigated as a diagnosis of chronic kidney disease. Better 
investigative tools of renal pO2 will enable better models of renal T2*, and will ultimately 
improve the utility of renal BOLD MRI.
A retrospective statistical analysis of renal fat content, as determined through in- 
and out-of-phase imaging with MRI, was compared against eGFR, BMI, serum cystatin 
C, and urine protein, to determine whether renal fat content is an indicator of renal health. 
The results of the study gave nearly zero correlation (R < 0.03) between renal fat and 
these other indicators with a sample size of ~ 100 people, which is an opposite result 
obtained from a diabetic mouse model. This study suggests that renal fat content will not 
be a useful indicator of renal health.
A system was developed, including hardware and pulse sequences, that enabled 
the simultaneous acquisition of sodium and proton images. This system required the 
development of dual-tuned RF coils, TR switches that incorporated frequency mixing, 
pulse sequences that incorporated both sequential proton and sodium transmit pulses, and
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reconstruction techniques that corrected an introduced phase error. While there are other 
systems that can do synchronous multinuclear imaging (SMI), they are prohibitively 
expensive and require internal modification of the MRI system. Our system 
demonstrated a very simple, inexpensive solution to SMI and acquired both nuclei on two
23Na channels using external modifications. In addition, our implementation of SMI 
demonstrated flexibility in scan parameters that has not been previously shown, obtaining
23 1 1 1Na-GRE images synchronously with H-SE and H-GRE images with flexibility in H 
repetition times. Ours is also the first demonstration of radially acquired SMI for 
efficient sampling of 23Na before significant T2* signal decay.
A composite sodium and proton array was developed and unique decoupling 
techniques were introduced. The composite array demonstrated a 2-5x improvement in 
sodium SNR and similar proton SNR when compared to a large coil with a linear sodium 
and linear proton channel. This coil is unique in that sodium receive loops are typically 
built with at least twice the diameter so that they do not have similar SNR increases. The 
sodium array enabled unprecedented breast sodium images, while still obtaining good 
proton images.
7.2 Future and Current Work 
The small animal system was used as an initial evaluation of obtaining animal 
cochlea images. The use of small animal systems allows for the evaluation of imaging 
techniques on relatively inexpensive rodents, when compared with human imaging. The 
ultimate goal of this work is to extend similar techniques to obtain high quality human 
cochlea images. Human cochlea images could be obtained with other sequences, 
although the use of the GRE sequence in this work allowed for the visualization of
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gadolinium that transits within the guinea pig cochlea. Current work at UCAIR is focused 
on improving human cochlea imaging. Future work could include using GRE imaging of 
gadolinium and acquiring the time-transit of the gadolinium as it disperses through 
various cochlear chambers.
The BOLD MRI T2* measurements correlated with the invasive oxygenation 
measurements. Future work needs to be done to further determine all the causes to 
changes in renal oxygenation. Higher temporally resolved T2* measurements should be 
done to further evaluate BOLD MRI and to help determine all the confounding factors in 
BOLD MRI. Better BOLD MRI data that have fewer susceptibility artifacts need to be 
obtained, which may be obtained with closer RF coils and with oxygen probes that 
induce fewer susceptibility artifacts.
Renal fat content did not correlate with eGFR, BMI, serum cystatin C, or urine 
protein. This study does not invalidate a previous study on fat in rodent kidneys, but 
suggests that there may be more complicated environmental factors in human kidneys. 
Lipotoxicity is a confirmed effect in kidneys, and so some effect may be measured using 
more sensitive techniques, such as IDEAL or 3-point Dixon fat imaging. A rodent 
population can be more controlled than a human population. The high number (~ 100) of 
subjects suggests that any effects in humans would be slight, if  they exist at all. Similar 
to the BOLD T2* measurements, there may be more confounding factors than just fat 
content, and it may be that fat imaging could correlate with eGFR with the addition of 
other variables, such as T2* or diffusion coefficients.
The simultaneous imaging system has a huge potential for usefulness, due to its 
relatively inexpensive cost and lack of other universities’ research into such systems. 
The system is capable of usage for nuclei besides sodium and proton. The system could
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be expanded to simultaneously image more than just two nuclei. The vast majority of 
MRI research has been on single nuclear specie, particularly on protons. SMI will 
require the clever reimplementation of many proton sequences to obtain optimum images 
from the separate specie. SMI reduces the flexibility of any single nuclei’s scan 
parameter choice, at the advantage of obtaining more data. SMI has no theoretical limit 
to how many nuclei can be imaged. SMI may prove useful in obtaining more information 
that simply improves the proton data -  for example, a sodium phase map could be used to 
obtain B 1, B0, or temperature map while the proton data could be doing diffusion 
weighted imaging. There is a vast amount of potential in SMI research, as there are 
opportunities for implementing unique coils and sequences, and the techniques developed 
for SMI could prove useful for proton imaging in unexpected ways. At the minimum, the 
system can be improved with better graphical interfaces and more robust hardware to 
become easier for researchers to use.
And, the final paper presented a dual-tuned array for obtaining excellent sodium 
images and good proton images. The most important future work is studying sodium 
concentration and relaxation parameters of cancers at higher resolutions than has 
previously been done. Sodium imaging has not been proven to be useful, and it may be 
many years before sodium imaging becomes part of a clinical routine, if  ever. Currently, 
there is a study on sodium breast cancer patients to evaluate the sodium content of the 
cancer and observe if there is any correlation between sodium content and the type of 
cancer.
Further improvements may be possible to the composite sodium / proton coil, as 
the coil was developed as a proof of concept and not the end goal. Additionally, the 
hydrogen portion of the coil was added on as a secondary goal and not a primary goal.
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Nonpublished studies seem to indicate that sodium coils made of copper tape may obtain 
higher SNR than those of copper wire, which could give an increased 10% boost to the 
coil’s SNR. The coil may also perform better with shorter connections between the 
preamplifiers and the coils, which may result in higher preamplifier decoupling, reduced 
resonance changes to the proton coils, and reduced signal loss from the long cable length. 
The use of lower impedance preamplifiers could reduce the coupling between sodium 
coils, improving SNR further.
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APPENDIX
PHASE RELATIONSHIP DURING MIXING
The mixer acts as a frequency multiplier between the 1H MR signal 
S(t) = S0e~tjT2 cos(0 t + 0(t)) with a time-varying phase error d(t) and the synthesizer 
signal Ss (t) = S° cos(0 t +0°° ) with an initial phase 0° :
S(t) S  (t) = S a S ° e - t/t2 cos(0t +  0 ( t )) co s(0 t + 0 ° )
= I  S ° ° e - " I  (cos((0 +  °  +  0 (1 ) + 0 , ) + c o s ,  , + 0 ( t ) -  0 ° ))
(1.77)
After low-pass filtering, the converted signal becomes,
S '(t) = | S°S°e-t;r:- cos((0  -  0 , )(+  0 (t) - 0 ° ) .  (1.78)
Equation (1.78) indicates that the converted 1H signal retains the same phase error 
0(t) as in the original 1H signal and also amplified by the amplitude of the reference 
signal.
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